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Thesis summary 
Adhesion as a scientific phenomenon has been researched for the past 70 
years, as the notion of two entities contacting effects a huge expanse of daily 
activities, from writing to sophisticated cellular and bacterial interactions 
essential for growth and survival.  
Inherently, a robust and adequate model of adhesion was acquired, one in 
which biological aspects were considered. Initially, the methodology required 
was optimised using the atomic force microscope (AFM) by testing a model 
bone substrate against ultra-high molecular weight polyethylene (UHMWPE), a 
material commonly found in the articulating acetabular cup. Once a force 
mapping technique was established experimentation continued to bacterial 
adhesion against model bone samples of various roughness, establishing that 
the adhesion phenomena occurs at a scale dependency due to the alterations 
in the topography of the surface at the micro to nano level. 
Aseptic loosening and osteolysis are major causes of failures in implanted 
biomedical devices at the hip. These issues are governed by the deterioration of 
the moving components, producing particles known as wear debris associated 
with the metals, bone cement, and UHMWPE materials initiating an immune 
response which is detrimental to the surrounding cells and tissues adjacent to 
the implant. The notion of mechanical aspects altering the health of mammalian 
cells has been ignored throughout the research of implantations and their effect 
on the cells by foreign bodies; the only concept studied to date is the viability 
and functionality post exposure. Therefore, this thesis aims at observing 
 ii 
mesenchymal and osteoblast (both rodent and human) cells associated to wear 
debris (metal and polymeric particles of various sizes and compositions) 
exposure and the effect this has on cell nanomechanical and adhesive 
properties using the AFM techniques. The data obtained indicated that Cobalt 
nanoparticles were more damaging on all cell types than Titanium and 
polymeric particles. 
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Chapter 1 - Introduction 
Joint replacement surgeries are ever increasing in number with 211,312 
operations performed in England and Wales in 2014 [1]. To date, 2015 has 
already seen 92,393 joint replacements in England and Wales between the 
NHS and private sector [2]; with this number expecting to increase by the end of 
the year. 93% of these cases requiring a joint replaced was due to 
osteoarthritis, and is the most common type of arthritis affecting around 1 million 
people in England and Wales [1]; it is a disabling condition and costly [3]. Other 
causes may include hip fractures, septic arthritis, avascular necrosis, Paget’s 
disease of the bone, bone tumours, hip dysplasia; as well as Perthes disease 
and slipped upper femoral epiphysis another childhood hip problem leading to 
long term issues, eventually resulting in hip replacement requirements. In order 
to decrease the suffering, to eradicate the pain of patients, and to improve their 
quality of life, then joint replacement is the only solution [4]. 
It is well documented that the majority of hip implants (as sketched in Figure 
1-1) have a life expectancy of 10-15 years, commonly caused by the aseptic 
loosening of the implanted biomedical device. Loosening will be evident due to 
the return of pain as well as instability in the movement of the joint will occur. 
Another issue to arise is wear and tear of the socket of the hip, the constant 
rubbing and loading of the joint will produce wear debris i.e. particles of the bulk 
material coming away and being adsorbed into the surrounding cells and 
tissues. A more severe problem, although a small risk, is bacterial infections 
post-surgery; which can also affect the surrounding environment of the 
biomedical device. 
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That being said, demonstrates an inherent need to understand the cause and 
implications of these issues which are responsible for revision surgeries. By 
developing an in depth knowledge of these problems could potentially lead onto 
solutions aimed at improving the quality of life for the patient as well as 
minimising the costs associated with the initial operation, after care, and further 
surgical procedures.  
 
Figure 1-1. Schematic representation of a hip replacement generating debris. 
 
Usually only after 5 days after an operation the implant will be completely 
covered in biological fluids, protein, and cells in order to achieve successful 
osseointegration. Cells present near a biomedical device will often include 
immune cells due to inflammation, as well as bone cells for growth of new bone 
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to incorporate the implant; these mammalian cells include mesenchymal stem 
cells which develop into osteoblasts depending on their stimuli. 
However, during this preliminary phase bacterial cells may interfere and adhere 
to the implantation. The severity of an infection post-surgery can damage the 
healthy tissue encasing the implantation, and in the worst case, even death if 
left untreated i.e. sepsis. Initially (Figure 1-2), bacterial cells will need to attach 
themselves to the device or substrate (Figure 1-2a) and establish a colony for 
survival; once a bacterial cell has attached other bacterial cells will anchor 
themselves to the conditioning layer i.e. the biological fluid (Figure 1-2b), 
whereby further attachment (Figure 1-2c) and maturation (Figure 1-2d) of the 
colony is achieved with irreversible binding; a biofilm is now present allowing 
cells to grow within this protective layer (Figure 1-2e). Finally, a colony of cells 
will detach (Figure 1-2f), to find another surface or location to establish 
themselves to begin the cycle again. 
 
Figure 1-2. Schematic representation of the biofilm formation steps. 
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Not only can infections spread to the tissues surrounding the implanted 
biomedical device, but the wear debris produced from the hip implant 
components can also accumulate in these tissues as well as the new 
developing bone cells. Debris can adhere to the external membrane of bone 
cells, such as the parent mesenchymal stem cells and osteoblasts, which can 
potentially alter the growth through the prevention of the cell coaggregating with 
other cells. If the wear debris is internalised, this can affect the structure and 
function of the cell through changes in their mechanical properties. It is 
therefore important to determine whether the physicochemical composition of 
the wear debris produced has an effect on the overall health of the bone 
forming cells. 
The viability of cells is constantly under scrutiny especially when concerned with 
the internalisation of foreign materials. Throughout the past decade the 
biological responses [5-6] to wear debris, and cells surrounding hip 
implantations has been investigated however, there is a lack of information 
regarding the mechanical aspects which can also govern the normal function of 
cells. 
 
This evident gap in the literature, concerning physical changes to cells through 
stresses and strains, has led to this investigation of alterations to the 
nanomechanics of a cell after exposure to wear debris. This is the first time any 
exploratory work of this nature has been conducted for cells found at/near 
biomedical implantations such as mesenchymal stem cells, and osteoblasts that 
have been exposed to nano sized particles of wear debris to understand the full 
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extent of potential damage and adversity that regularly occurs post-surgery of 
biomedical devices. 
 
The aims of the thesis were to achieve a greater depth of knowledge into the 
adhesive interactions and nanomechanical aspects of cells surrounding 
implantations which have not been investigated previously, and will require 
research into adhesion concepts adaptable to biological systems. 
Considerations for the influence of surface parameters and surface treatments 
along with their impact on cells nanomechanical and adhesive properties 
caused by implant debris have been investigated. 
 
The objectives of this thesis were to: 
 Employ cold atmospheric gas plasma (CAP) to improve performance of 
 UHMWPE, a commonly used polymer for use in the acetabular cup; 
 Study the surface topography and roughness of UHMWPE pre and post 
 CAP treatment; 
 Characterise the surface properties of CAP treated UHMWPE 
investigating the contact angles and surface energy parameters; further 
characterisation of the size and composition of wear debris particles to 
assess bone cells (osteoblasts) viability; 
 Understand how surface roughness influences adhesion of bacteria that 
currently induce infections post-surgery; 
 Determine the impact on viability, nanomechanical, adhesive properties 
and functionality of mesenchymal stem cells and osteoblasts from 
rodents exposed to wear debris particles including the metals used in hip 
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implants such as Cobalt and Titanium, as well as UHMWPE particles and 
polymethylmethacrylate (PMMA) bone cement particles often used as a 
fixative in joint surgeries; 
 Determine the validity of the murine model by comparing the 
nanomechanical, adhesive and cell functionality data using human 
osteoblast cells. 
 
A general overview of each chapter content is given below: 
Chapter 2 is a literature review regarding current models of adhesion, their 
limitations, and applications; and how to apply these to real living biological 
systems. 
Chapter 3 describes the main techniques of analysis using the atomic force 
microscope (AFM) and how the data collected are transformed into useful 
information concerning the adhesive properties, nanomechanical characteristics 
such as the elasticity, and spring constant of cells. 
Chapter 4: The adhesive forces of model bone material, borosilicate glass 
functionalised AFM tips, were analysed along with the surface properties of 
modified ultra-high molecular weight polyethylene (UHMWPE) with cold 
atmospheric gas plasma (CAP). 
Chapter 5: Using a model bone material to investigate the surface roughness 
and its relation to scanned areas comparable to the bacterial adhesion, using 
functionalised AFM tips to determine the adhesive forces.  
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Chapter 6: Moving on from bacterial aspects of adhesion, chapter 6 investigates 
the detrimental aspects of wear debris, namely Cobalt and Titanium, which 
were exposed to the osteoprogenitor cells i.e. mesenchymal stem cells. This 
chapter quantifies the nanomechanical properties of these mammalian cells 
post exposure to metal nanoparticles of various size and composition using the 
atomic force microscope, with supporting biological information regarding the 
cells viability throughout the experimentations. 
Chapter 7: Following on from chapter 4, the CAP treated UHMWPE was used 
as wear debris particles. These particles were exposed to the mesenchymal 
stem cells as no investigation has been made to date concerning the effect of 
this material to the surrounding tissues and cells of an implanted biomedical 
device. 
Chapter 8: In this chapter, metal nanoparticles (Cobalt and Titanium) and 
PMMA bone cement particles were exposed to osteoblasts, the progenitor cells, 
which develop into new bone. These cells were analysed as to whether the 
wear debris influences the nanomechanical properties and calcium production 
of the osteoblast cells. 
Chapter 9: Following on from chapter 8, this chapter observes whether the 
same metal nanoparticles have a similar influence on human osteoblasts to 
validate the information already recovered throughout the thesis. 
Conclusions and suggestions for Future work are given in Chapter 10. 
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Chapter 2 - Adhesion 
Adhesion may be defined as an attraction action which causes two different 
materials to join (1). For years, there has been much interest in adhesion 
stemming from its presence in many daily activities, from the mundane to the 
extraordinary; for example writing to walking, spreading to more complex elastic 
material adhesion which is required for many industrial and medical 
applications. When two bodies join, this becomes the point of contact or contact 
zone, the extent of which plays an important role in understanding the contact 
as well as non-contact interactions in many natural and industrial processes. 
Such interactions include cell-cell and cell-material interactions; microfluidics; 
drug delivery systems  (2-5) (essential in the pharmaceutical industry); and 
medical prostheses (6) whereby adhesion can influence friction and wear 
performance of the contacting surfaces in which biomedical applications are 
concerned. This subject is of utmost importance when considering aspects at 
the mesoscopic scale and may be beneficial or even detrimental for certain 
applications. Research into adhesion has a long track record, dating back to 
1930’s (6); regardless, complete understanding of adhesion remains in its 
infancy. Moreover, there are numerous industrial as well as medical 
applications which require the control of adhesive and cohesive properties, with 
a drive aimed at improving formulations in many pharmaceutical products such 
as inhaled medications within drug delivery systems. Not only is it sufficient to 
consider the device for inhaled formulations, but it is essential to consider the 
pharmaceutical particles and excipients in inhaled formulations. It is 
fundamental that an understanding of the adhesive and cohesive properties is 
 10 
known for the respirable particles, as these forces can affect the stability and 
aggregation of the active material from the carrier particle. Commonly, lactose is 
used as a carrier particle especially in dry powder inhalers and often aides the 
active particle delivery on actuation from the particle interacting with the carrier 
particles. 
Despite the fact that the study of adhesion reaches back over 70 years (4, 7, 8), 
and many models of adhesion have been famously produced and accepted that 
attempt to explain the adhesion phenomena. Yet, many of these models do not 
predict adhesion in real systems to any degree of accuracy; therefore this 
research will focus on developing a current complex multi-asperity adhesion 
model, and applying this model to pharmaceutical and biomedical applications. 
 
2.1  Models of Adhesion 
There are many models of adhesion that have been used to describe the 
physical and mechanical procedures behind the complexities of this 
phenomenon. Namely, Derjaguin, Landau, Verwey and Overbeek (DLVO); the 
extended DLVO (XDLVO); Johnson, Kendall, Roberts (JKR); Derjaquin, Muller 
and Toporov (DMT); and Maugis-Dugdale (MD) and more recently (6) viewing 
asperities to develop a further understanding of these theories.  
2.1.1  Physical models (DLVO and XDLVO) 
Firstly, the physical aspects of adhesion must be addressed. Thereby, applying 
the commonly used DLVO theory has been sufficient in many areas of research 
(9, 10). DLVO forms the basis of modern colloid interface science (9). The 
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principal concept of the theory of stability of lyophobic colloids was developed 
over 50 years ago by four famous scientists: Derjaguin, Landau, Verwey and 
Overbeek. With added research the theory was refined for the calculation of 
electrostatic and dispersion forces and their direct measurement (9). Famously, 
the Derjaguin School has dealt with the physical aspects of the theory and 
colloid stability, whereas the Rehbinder School (9) concerned themselves with 
the colloid chemistry and physicochemical mechanics. This resulted in both 
schools accounting for the same problems concerning the main factor of the 
theory, colloid stability. From Derjaguin, this main effect was thought to be 
secured by electrostatic repulsive forces; however, Rehbinder  considered an 
absorption-solvation barrier as the main factor (9). Thanks to the discussions 
between these schools with both notions being in fact correct; these 
developments have allowed for further application of the DLVO theory.  
Further developments came about when Derjaguin introduced the disjoining 
pressure as a measure of forces acting between two plane interfaces. Resulting 
in the DLVO theory being employed to measure the energy of interaction of flat 
surfaces directly using spherical bodies or crossed cylinders (9).  
Derjaguin and Landau used the complete Debye-Huckel equations for electrical 
potential distributions between two similarly charged plates when applied to 
strong electrolytes. In general, the DLVO theory has been used to describe the 
balance between attractive forces, VA, due to van der Waals (vdW) forces of 
attraction; and repulsive interactions, VR, which arise due to the overlap of the 
electrical double layers of the cell as well as the substratum; all expressed as 
the total interaction (VTOT) of a sample and a flat surface (11), e.g. cell and 
 12 
substratum. The substratum's electrical double layer is usually negative in 
charge due to the charge on the cells, resulting in a repulsive interaction force.  
VTOT = VA + VR   (2-1) 
And VA may be defined as:  
VA = -Ar/6d  (2-2) 
Where A is the Hamaker constant, d is the separation distance between the cell 
or sample and the substratum, r is the radius of the cell or sample (assuming 
cells/samples are spherical). VR, the double layer interaction originates from 
Coulomb interactions. 
This interaction relies on the strength and range of ions in its vicinity and the 
charged particles, however regardless of these interactions; the charging 
mechanisms of any surface are balanced in electroneutrality, which acts 
independently of other external interactions, as the surface charge is balanced 
by an equal but oppositely charged region of counterions (11). The Hamaker 
constant A, in Eq. 2-2, is proportional to the vdW interaction. It is a material 
property which describes the strength of the interaction between a surface and 
medium, and between two interacting bodies; relying on the dielectric properties 
of the medium, substratum and the cell. As a general rule of thumb, A is positive 
between like particles, resulting in a negative interaction potential i.e. attractive 
interaction (11). Normally due to the shrinkage of the electrical double layer 
(EDL) results in a reduction in the distance between particles and being 
attracted via the short-range vdW forces of attraction. 
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This theory proposes that the binding strength between colloidal particles, such 
as micro-organisms, as they are about 0.5-2 μm in size (12) and substratum 
surfaces may be calculated on the basis of Lifshitz–Van der Waals (LW), 
electrostatic, acid-base (AB) and electrical double layer interactions (DL) (12-
15). According to this theory, the total interaction between a surface and a 
particle is the summation of their vdW and Coulomb interactions (12, 16). In 
addition, as the Lifshitz-van der Waals attractive forces are dominant close to 
the surface, and defined as shown in Eq. 2-2 (VA = -Ar/6d) (11, 17). According 
to Dorobantu et al (2009) (18) the following equation represents the non-
retarded vdW force between a sphere and an infinite planar surface, which is 
based on the Hamaker’s approach and Derjaguin’s approximation: 
FLW = A132/6 [-a/h
2 – a/(h+2a)2 + 2a/h(h+2a)]  (2-3) 
Where A132 is the effective Hamaker constant of interaction between 1-bacteria; 
2-tip material; and 3-medium used; a is the radius of an atomic force tip, and h 
the surface to surface distance between the substrate and the AFM tip. 
Then the particles are unable to detach or separate from the surface by 
Brownian motion and therefore adhere irreversibly; as Brownian motion governs 
the deposition, sedimentation and hydrodynamic forces (13, 14, 19). 
Additionally, outside of the Stern layer is the diffuse layer, where interactions 
occur with the un-neutralized surface and ions which causes an accumulation of 
counterions and depleted co-ions. With increasing distance from the surface the 
atmosphere reaches the same ion concentration as that of a bulk solution; and 
if these ions are in rapid thermal motion are known as the diffuse electric double 
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layer. In contrast, the Coulomb interaction becomes dominant at a distance 
away from the surface because the vdW force decreases sharply with distance 
(12). As  the counterions which are responsible for this interaction and are only 
transiently bound to the surface and build up forming the Stern layer (11). As a 
result the repulsive interaction forces originate from the repulsive osmotic 
pressure between these ions of the overlapping double layers; therefore, VR is 
also associated with the surface potential, Ψ, the distance d (between cell and 
surface) and the Debye length, κ. κ in the following equation (11): 
VR  ∝ Ψ
2e-κd   (2-4) 
Alternatively, if the surface potentials of the two surfaces are different then Ψ1, 
Ψ2 are often used. In order to calculate the thickness of the diffuse layer, then 
the inverse of the Debye length is required, i.e. 1/κ, where κ is defined as the 
following: 
κ = √(2000e2NAc/εε0kT) (2-5) 
NA represents Avogadro’s constant, c the concentration of the electrolyte ions 
(mol l-1), ε is the dielectric constant of the solution and ε0 the dielectric 
permittivity of free space, k is the Boltzmann constant, e the electronic charge, 
and T is the absolute temperature. 
On the other hand, as the ionic strength (I) directly affects the inverse Debye 
length, then at high ionic strength the interaction of the double layer as well as 
the thickness are compressed, then the net interaction may be attractive i.e. 
due to the vdW forces even if both surfaces are negative in charge. Yet at an 
intermediate ionic strength can cause reversible attachment of cells at certain 
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distances from the surface; hence, at low ionic strength repulsion is at large 
(11).  
Earlier calculations using the Poisson-Boltzmann equation was used to derive 
the electrostatic double-layer energy between two macro-bodies (20, 21), yet is 
limited to the case of two parallel infinitely flat plates, which is not the case 
when microbes are in question. Therefore the Derjaguin approximation was 
employed in order to estimate these interaction forces between two curved 
surfaces. Unfortunately, this approximation was not without its own limitations, 
as it assumes that the range of interaction energy is shorter than that of the radii 
of curvature of the particles (20) in question, and so was only applicable to 
larger particles and not ideal at the nanoscale. 
This theory has been used both qualitatively and quantitatively  to calculate the 
adhesion free energy changes which aid in the explanation of microbial 
adhesion (11). As well as being widely used to describe interfacial interactions 
between charged surfaces in liquid media (20), and characterises the total 
interaction energy as a combination of vdW and electrostatic double-layer 
interactions. The DLVO theory describes bacterial adhesion to surfaces as a 
balance between Lifshitz–van der Waals and electrostatic interactions while 
accounting for their dependence on the distance of separation between 
bacterium and substratum surfaces (22). Basically, microbial adhesion is the 
transfer of cells from an unbound state to a firm attached state at an interface 
(11). 
The vdW interactions have also been used to describe the overall interaction 
(VTOT) between a cell and substratum as a balance between two additive factors 
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(VA) which results from vdW attractive interactions and repulsive interactions 
(VR) which is from the overlap between the electrical double layer of the cell and 
the substratum (11). The repulsive interactions are due to the negative charge 
of cells and substratum, shown in the equation 1 and 2. Where A is the 
haymaker constant, d is the separation distance between the cell and the 
substratum, and r is the radius of the cell (as the cells are assumed to be 
spherical). Also, the double layer interaction (VR) originates from the Coulomb 
interaction between charged molecules; with its strength and range strongly 
affected by the presence of surrounding ions (11, 23), and is a far more 
complex function as shown in the equation below: 
VR = 2πeaζ
2exp(-κd)  (2-6) 
Where a is the radius of the particle, π is the solvent permeability, κ is a function 
of the ionic composition and ζ is the zeta potential.  
When a particle is further from a deposited surface then the vdW forces which 
only apply to the short-range interactions, compared to Lewis acid-base and 
electrostatic interactions which are weaker interactions, therefore will become 
unbound. Furthermore, in the DLVO theory, the total interaction energy between 
a particle and a solid surface is the sum of the non-covalent Lifshitz-van der 
Waals (LW) and Electrostatic interactions (EL) or double layer forces (DL); due 
to the separation distance increasing between particle-particle interaction (24), 
and the DL forces exponentially decay, but on the other hand the LW forces 
decay more gradually. 
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At normal ionic strength the attraction and repulsive forces are shown in Figure 
2-1, this is the physiological ionic strength. However, at higher ionic strengths 
the electrical double layer of materials decreases which affects the repulsive 
electrostatic force but does nothing to the attractive van der Waals forces. The 
increased ionic strength reduces the electrostatic repulsion so the two surfaces 
may get closer i.e. as the ionic strength increases reduces the repulsion this is 
demonstrated in Figure 2-1. 
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Figure 2-1. DLVO theory of attraction at normal ionic strength. 
 
Figure 2-2. DLVO theory of attraction at high ionic strength reduces the 
repulsive forces. 
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Although the DLVO theory has been, and is useful for the qualitative description 
of particle adhesion to a solid surface; its experimental results do not always 
coincide with the theoretical predictions (18, 25). It has been mentioned that 
these deviations are attributed to a number of factors included the complexity 
and heterogeneity of surfaces i.e. it does not consider asperities; therefore it 
has been proven that there is a difficulty in generalizing the mechanisms of 
adhesion as these complexities reach across the numerous surfaces let alone 
the variability of different manufacturing processes (24). 
Therefore, as adhesion is a very complex notion, the extended DLVO theory 
was considered, yet still has limitations and restrictions (26, 27).  
The theories explained have limitations, for example, the DLVO theory assume 
perfectly smooth surfaces which may not be realistic in certain applications 
especially biological problems. The DLVO theory focused mainly on two kinds 
of forces, electrostatic double layer and weak van der Waals attractive forces 
acting between solid surfaces; and along with the Smoluchoski theory of 
coagulation, some statistical mechanics of two phase equilibrium were enough 
to account for the model for systems in which the theory was devised. Indeed, it 
is known that Derjaguins students were taught that DLVO only worked between 
approximately 10-3 and 10-2 M i.e. the Debye length which measures the range 
of the double layer and varies from 100 A (10-3 M), 30 A (10-2 M) to 10 A (10-1 
M) (28). However, added complications were noticed when applied to cell 
biology where the Debye length is < 8 A; further complications came to light 
with micellar chemistry at high salt, and in ionic microemulsions, as well as 
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polyelectrolytes where the screening length is often the same order as hydrated 
ions (28). 
However, the XDLVO theory attempts to right the wrongs of the classic DLVO 
yet remains shortened in its applicability of real life particles. This novel 
approach considers the total free energy of interactions between two surfaces 
immersed in an aqueous environment, and is the sum of the Lifshitz-van der 
Waals (LW) forces; polar interactions or acid-base (AB) which determine the 
hydrophobicity (or hydrophilicity) of the surface; electrical double layer (DL) 
interactions, as well as Brownian motion (BR) (26, 29), shown in the following 
equations: 
GTOT = GLW + GAB + GDL + GBR  (2-7)  
The interaction energies in this case are divided into LW, AB, and electrostatic 
contribution of the double layer (DL); according to Boks et al (2008) (13) the 
distance dependence of the LW of interaction energies (∆GLW(d)) were 
calculated assuming a sphere plane geometry: 
∆GLW (d) = -A/6 [(2r(d+r)/(d(d+2r))-ln(d+2r/d)]  (2-8) 
Whereby d is the separation distance, again A is the Hamaker constant, and the 
distance dependence of the AB interaction energies (∆GAB(d)): 
∆GAB (d) = 2πr∆Gslb
ABλexp(d0-d/λ)   (2-9) 
In which λ denotes the correlation length of molecules in liquid, and ∆Gslb
AB is 
the AB component of free energy of interaction at contact. Also, the distance-
dependence EL interaction energies (∆GDL(d)): 
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∆GDL(d) = πεε0r (φb
2+ φs
2)[(2φbφs/φb
2) ln[1exp(-κd)/1-exp(-2 κd)] (2-10) 
εε0 is the dielectric permittivity of the medium, φb φs, are the surface (zeta) 
potentials of the bacterial surface and collector surface respectively, and κ is the 
Debye length (13). 
When both the classic DLVO and extended DLVO theory are concerned, then 
surface tension of colloid-size particles are mainly composed of apolar or 
Lifshitz-van der Waals components (15, 30); polar, or Lewis acid-base, as well 
as electrostatic components. Whereby the Lifshitz-van der Waals element of the 
surface tension is initiated by the even distribution of the electron cloud 
surrounding the molecules or particles (31-33). On the other hand, the Lewis 
acid-base component is governed by the potential formation of coordinate 
covalent bonds by Lewis acids i.e. electron pair acceptors, and Lewis bases i.e. 
electron donors. Acid–base interactions play the most important role in bacterial 
attachment to surfaces and can be quantified based on electron donor/electron 
acceptor data from contact angle measurement according to the XDLVO theory 
(22). The electrostatic element of surface tension is often described by zeta 
potentials, given the symbol ζ, and is measured by the electrical surface charge.  
Evidence also suggests that the mechanisms of adhesion are significantly 
influenced by the surface free energy, Zhao et al (2007) (14) explain that there 
exists an optimum surface free energy of substrates by which bacterial 
adhesion is minimal (14, 34). Explanations in the literature also suggest that 
with certain surface coatings of substrates, such as corrosion resistant 
properties on coatings, have an advantageous outlook for reducing biofouling in 
medical devices as well as industrial equipment (14, 35). 
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However, further reading reveals that discrepancies between the XDLVO 
predictions and experimental attachment (22, 34) may be due to the complexity 
of bacterial cells and living organisms which is far from the ideal colloidal 
particles that these theories are based on. Therefore a physicochemical 
approach is needed as the XDLVO theory is unlikely to explain all aspects of 
attachment to surfaces (11, 22). Also, it has been pointed out that from 
inaccurate determination of cell physicochemical properties and the estimation 
of their interaction energies makes for difficult predictions when using the 
XDLVO theory. 
Adhesion to a surface is often influenced by electrostatic forces, and from the 
origins of XDLVO, DLVO theory, the colloidal interaction which are caused by 
van der Waals potential and the electrical double layer are concerned with the 
colloids stability (14, 36). Moreover the Lifshitz-van der Waals attraction 
interaction potential for a sphere interacting with a surface is related to the 
geometries given by: 
Φvdw = - Adp/12a  (2-11) 
Where A is the Hamaker constant, dp the diameter of the particle and a 
represents the distance between the surfaces. The following equation is used to 
calculate the Hamaker constant from the surface free energies according to Van 
Oss (2007) (37): 
A123=24π0
2 (√γ1
LW-√γ3
LW)(√γ2
LW-√γ3
LW) (2-12) 
Where particles (1) interact with the surface (2) immersed in water (3), where 
γi
LW is the Lifshitz-van der Waals element for the surface free energy of the 
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material represented by i and H0=0.158nm represents the minimum separation 
distance (37, 38). 
Once particles are immersed in the media, an electrical double layer forms, and 
naturally with particles of like electrical charge the double layer will inherently be 
repulsive. Furthermore, the attractive hydrophobic interactions can surpass the 
DLVO forces and arise due to the electron donor-electron acceptor interaction 
in polar media (35). It is the addition on the non-DLVO force hydrophobic 
attractive interactions of the van der Waals and electrical double layer which 
give rise to the extended DLVO, as adhesion is determined by the balance 
between attractive and repulsive forces (35). This balance is calculated as a 
sum of the interaction potentials according to the XDLVO theory: 
Φr φvdw + φedl +φAB   (2-13) 
Although the XDLVO has been used successfully for aqueous systems, 
experimentally however, values for the interaction energy may be too high for 
regions of a few nanometres from the surface (38); therefore by the addition of 
the effect of the electrical double layer on the water permittivity, this will 
decrease the XDLVO theory for the estimated interaction energy i.e. when the 
EDL is in close quarters to the particle, it affects the polarization of the medium, 
and so changes the permittivity of the media, which depends on the distance to 
the surface. Results revealed that the interaction energy obtained using the 
methods described above, were sensitive to the ionic strength of the medium as 
well as the size of the particle i.e. the smaller the particle and the higher the ion 
strength, then the lower energy is required to overcome the energy barrier near 
the surface; whereas the electrostatic forces are governed by the salt content of 
 24 
the medium and the zeta potential, along with the Debye length which 
decreases with increasing ionic strength (35). In turn these effects will decrease 
the repulsion forces, which give rise to the lower energy barrier, making fouling 
an easy process to take place. Experiments also revealed when applying the 
XDLVO that larger particles adhere to surfaces only when the ion strength is 
high, therefore this evidence suggests that fouling is dependent on particle size. 
2.1.2  Mechanical models (JKR and DMT) 
Alternative or additive theories have therefore been observed, which aim to 
combat the short falls of the previous adhesion models. Johnson, Kendall and 
Roberts, in 1971, developed a theory of adhesion of two sols in contact (4, 39-
41) i.e. the JKR theory. DMT on the other hand, Derjaguin, Muller and Toporov, 
in 1975 came about their theory of contact (39) whereby tensile stress exists as 
an annular zone around the contact area without deforming the profile. Basically 
the JKR model based its theory on the short-range surface forces that act in the 
contact area; and the DMT model takes into consideration the non-contact area 
forces, such as molecular attraction which are at large outside of the contact 
area. 
There are always of course many hurdles and barriers to overcome when it 
comes to science, however, the impact of adhesive particles with a surface or 
other particles is a fundamental physical process that applies to a wide range of 
scientific conundrums and engineering applications. The list of applications may 
include particle deposition; filtration; coagulation and breakage (42).  As 
adhesion plays a fundamental role at the contact area, and the dynamic 
process may result in either two ways; then first the particle may be 
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rebounded/repelled from the surface; or it may be captured which leads to 
particle deposition and biofilm formation.  
Liu et al (2011) (42) decided that a dynamic model was needed to help 
understand these complex issues of adhesion. Analytically however, these 
models proposing the theoretical aspects of impact are divided into 2 
categories: first is the kinetic model; the second being the dynamic model. 
According to Liu et al (2011) (42), the kinetic model focuses on predicting the 
capture velocity, or the relationship between restitution coefficient and incident 
velocity; further explanations reveal that a kinetic model is advantageous as it’s 
simple and has been extensively studied for hard spheres. On the other hand, 
kinetic models do not reveal the dynamic aspects of impact i.e. in terms of time-
variant contact force, particle velocity, deformation and the relationship in 
between the surface and contact area. Whereas dynamic models predict these 
lacking in the kinetic model, such as the restitution coefficient and capture 
velocity; whilst concentrating on the contact mechanics, as well as establishing 
the inter-particle interactions. Dynamic models generally describe the impact 
process through the combination of the static contact theory and appropriate 
dissipation mechanisms (42). The theory on static contact usually serves as the 
fundamental description of the impact, while energy dissipation accounts for the 
dynamic effects such as viscoelasticity of materials (42). JKR model predicts 
the critical pull-off force given by 3/2πσR and a contact area larger than 
Hertzian contact due to the presence of adhesion (42).  
This theory has been utilized by Liu et al (2011) (42) to explain the dynamic 
model, yet better understanding is still required for the improvement of energy 
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dissipation mechanisms for the dynamic model. Rundlӧf et al (2000) (43) 
concentrates on the adhesion between poly(dimethylsiloxane) (PDMS) caps 
and Langmuir-Blodgett cellulose surfaces including the substrate, 
hydrophobized mica, and two flat mineral surfaces (bare mica and glass) (43). 
The study revealed a similarity in self-adhesion for PDMS caps and oxidised 
PDMS caps, as long as the systems showed little or no hysteresis between the 
loading and unloading force curves. Yet, in some force curves there was large 
hysteresis between the loading and unloading curves, and showed a larger 
adhesion measurement compared to the pull-off force than from the JKR-curve 
determined loading.  JKR method utilises the deformation of surfaces (which is 
a limitation concerned with the AFM as these are difficult to account for) under 
zero or applied loads to accurately determine the adhesion between two bodies 
(43).  
The JKR theory is commonly used as the experimental data recovered often 
agrees with the theory, and according to the JKR theory of adhesion, the radius 
of the contact area between solids may be related to the work of adhesion: 
𝐹 =  
𝐸𝑎3
𝑅
−  √6𝜋𝜎𝐸𝑎3 (2-14) 
𝛿 =
𝑎2
𝑅
−  
2
3
√
6𝜋𝜎𝑎
𝐸
 (2-15)  
a3 = R/K [F+3πσR+√((6σRF+(3πσR)2)]  (2-16) 
where R = the equivalent radius of curvature of the tip, F = the applied 
load/force, and, E = the elastic constant of the system i.e. Young’s modulus; δ 
is the deformation; ɑ = the contact area radius, and σ = the work of adhesion. In 
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order to calculate R, then the radius of curvature of two materials (materials 1 
and 2) are needed: 
1/R = 1/R1 + 1/R2  (2-17) 
K is calculated from the Young’s modulus, E, and the Poisson ratio, ν, of 
material 1 and 2: 
1/K = ¾ ((1-ν1
2/E1) + (1-ν2
2/E2)) (2-18) 
Also, when applying the JKR theory, the negative load required to separate the 
two contacting surfaces, must overcome the action of the adhesive forces 
between the surfaces, and is related to the work of adhesion, σ: 
F = - 3/2 π σR (2-19) 
The interfacial energies in a medium, 3, is related to the work of adhesion, σ, 
between materials 1 and 2 as shown: 
σ = γ1,3 + γ2,3 -  γ1,2   (2-20) 
So, the adhesion energy, σ, and the modulus K are obtained by the cube of 
contact radius a3, and when plotted against the load, F are fitted to the first 
equation a3 = R/K [F+3πσR+√((6σRF+(3πσR)2)]; and the adhesion energy 
which corresponds to the pull-off force is calculated using the fourth equation:  F 
= - 3/2 π σR. 
However, the JKR theory may only be applied to thermodynamically 
equilibrated conditions; this is where the loading data and unloading data are 
reversible. On the contrary, when no equilibrium, then the loading and 
unloading curves are hysteretic, therefore σunloading > σloading; this means that the 
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loading curve will be under the unloading curve, and the rate at which this 
occurs is thoroughly dependent on a number of factors such as the 
loading/unloading rate; temperature; relative humidity, and the sample itself 
(43). 
It is common when using the loading and unloading curves, that the σloading will 
often give data values that are similar to the thermodynamic work, whereas the 
σunloading will be larger and equal to the σpull-off and is commonly due to the large 
adhesion hysteresis (43). Frequently the work of adhesion is larger in unloading 
curves as a result of a few factors which include: viscoelastic deformations, 
interpenetration of the surface layer, surface roughness, formation of chemical 
bonds by reactive groups, and reorientation of polar groups.  
JKR may be applied to higher adhesion and deformability when the adhering 
surfaces in question are subject to a separating force (44). It is an analytical 
model which extends the non-adhesive Hertzian contact theory (45). JKR theory 
relates the pull off force Fs and the adhesion energy σadh through the radii of 
curvature of the materials. For example, when considering an ideal solid 
homogenous sphere, then: 
σadh = 2Fs / (3πRm)  (2-21) 
Where Rm is the harmonic mean of the radii of the two spheres, and more 
recently the relation between Fs and σadh has been derived for spherical shells 
(44): 
σadh = Fs / (πRm)  (2-22) 
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It has been noted throughout research into bacterial adhesion that from the 
thermodynamic model of adhesion of small particles from a suspension onto a 
solid substratum is governed by the surface properties of three phases i.e. (i) 
the surface tensions of the adhering particles; (ii) the substrate; (iii) the 
suspending liquid medium (46, 47). It has also been brought to attention that 
adhesion is more extensive to hydrophilic substrata, of which have a relatively 
high surface tension; compared to their hydrophobic counterpart; whereby the 
surface tension of the bacteria is larger than that of the suspending media; 
therefore the reverse would occur i.e. no adhesion. 
Recently Bayoudh et al (2009) (25), stated that adhesion or attraction between 
two interacting surfaces occurs when the total free energy is negative, and 
repulsion will occur if it is positive, supporting the earlier claims of researches. 
This can also be observed as the total interaction energy may be evaluated as a 
function of the separation distance between the interacting surfaces, therefore 
once an interaction energy profile is predicted this indicates the type of 
interaction (attraction or repulsion) as the microbial particle approaches a 
substrate surface (25, 46). 
Furthermore, Lin et al (2008) (48) mentions the contact/adhesion test based on 
JKR theory, and has been extensively used to quantify the work of adhesion 
between 2 soft elastic materials; and only applies when the contact radius is 
small when compared to the radius of the spheres e.g. can’t be applied to thin 
elastic lenses.  JKR theory only assumes small strains and material linearity; 
and so there are many problems with this theory in practice, especially when 
concerned with micro- or nano-indenters on thin and compliant coatings. So 
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when the contact radius is not small in comparison with the radius of the 
spheres, the Hertz assumption is no longer valid. And as deformation is large, 
the strains are not linear.  Li and Chen (2012) (20) developed a theory which 
models large-deformation adhesive contact of hyperelastic lenses based on 
energy balance. They calculated the energy release rate of a large-deformation 
JKR (LDJKR) problem using the solution of the corresponding large-
deformation Hertz (LDH) problem. Two problems were studied in their work (20) 
a rigid spherical indenter in contact with a Neo-Hookean half space, and a Neo-
Hookean hemisphere in contact with a rigid substrate (48). 
Commonly, the JKR, DMT, Maugis-Dugdale models and Tabor parameter for 
contact under normal loading have been developed based on solid-solid 
interactions i.e. vdW; and in the study by Xu et al (2007) (49), the characteristic 
length scale for the adhesive forces in the Tabor parameter is the equilibrium 
interatomic spacing (41, 49). But, a more realistic approach is needed when 
considering biological specimens as contact tends to be in humid environments, 
therefore long range capillary forces are in action and it has been noted by Xu 
et al (2007) (49) that these forces may be related and dominated by the Kelvin 
radius. Many researchers have delved into this notion and some have 
introduced parameters which include the Kelvin radius for the JKR-DMT 
transition, as well as observing the capillary effects; and are collectively known 
as the Tabor parameter. The introduction of this modified Tabor parameter with 
the Kelvin radius has allowed quantitative description of the JKR-DMT transition 
in terms of relative humidity (49). Tabor defined a dimensionless parameter μT 
representing the ratio between the gap outside the contact zone and the 
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equilibrium distance between atoms. The parameter established the range of 
applicability of the 2 models, and suggested that interactions within and outside 
of the contact zone needed to be accounted for (49).  
Further research (49) demonstrated a continuous transition from DMT to JKR 
as the Tabor parameter increased by using a Lennard-Jones potential. It has 
also come to light that the adhesive contact models of JKR, DMT and Maugis 
are not sensitive to the origin of mechanism of the adhesive interaction. But, 
that the time period of contact is dependent on the origin of adhesion. 
When two surfaces make contact in a vapour, absorbed and condensed liquid 
molecules are present and constrained between these surfaces (49). At certain 
distances such as these described, then the surfaces will be attracted, yet 
repulsion still exists between the absorbed molecules as this repulsion 
equalises the external adhesive forces. The forces which occur during the 
adhesion process are described in the following equations: 
𝐹 =
𝐸𝑎3
𝑅
− 2𝜋𝑅𝜎 (2-23) 
𝛿 =
𝑎2
𝑅
  (2-24) 
Where F is the force applied to the system; E is the Young’s modulus; and δ is 
the deformation occurring in the system; a is the contact area radius, R is the tip 
curvature radius; and σ the work of adhesion. 
However contradictory this may appear, then one must assume that within the 
contact area the absorbed molecules are solid. It has also been noted that films 
less than 10 molecular diameters thick will become more viscous; and that films 
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of 4 molecular diameters will undergo a phase transition to a liquid-crystalline 
phase. Xu et al (2007) (49) observed ice-like water on mica surfaces by using 
sum-frequency-generation (SFG) vibrational spectroscopy, and scanning 
polarisation force microscopy (SPFM). Moreover, it was noted that outside the 
contact area then bulk liquid behaviour returned, therefore Xu et al (2007) (49) 
explain that it is important therefore to determine an appropriate limit to the 
contact zone as the behaviour from bulk changes, and are consistent with the 
stress distributions proposed in the Maugis model (49). 
Woerdeman et al (1999) (50) explain of different techniques to test adhesion, 
which include; peeling, blister and fibre fragmentation tests. Mentioned also in 
the text is the adhesion test based on the JKR theory, and has been applied to 
a number of systems in order to determine the intrinsic work of adhesion 
required to separate two surfaces. Also an important aspect of the JKR 
technique is that it enables the assessment of the interfacial contributions to the 
adhesive strength, as the test is usually performed at low crack velocities. The 
JKR technique involves a convex elastomer coming into contact with another 
solid substrate which causes the adhesive forces to deform the solid and 
increases their interfacial contact area. It has been described by many as an 
extension to the classic Hertz result whereby the deformation of two elastic 
bodies when in contact affect the interfacial adhesion energy at work. 
Further explanations (50) reveal that typical adhesion experiments are 
performed in 3 parts:  
1-The loading process- compresses the elastomeric lens against a flat surface 
with a specified load under controlled conditions;  
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2-Elastomer remains in contact with the surface for a set time- allowing for the 
physical and chemical interactions to evolve and can lead to enhanced 
adhesion energy; 
3-The unloading process- this involves the rapid decompression of the 
elastomer lens, whilst monitoring the applied load, the deformation of the 
contact area, and the contact area itself as a function of time. 
This theory however relies on the assumption that an equilibrium state is 
reached at each loading stage, yet Woerdeman et al (1999) (50) claim that this 
theory should be tested as the time it takes for equilibrium can vary substantially 
between systems. AFM was also used to study the adhesion failure from 
peeling an elastomeric film from a glass substrate, and is achieved as the AFM 
can simultaneously observe and characterize surfaces (50). 
A model proposed by Tabor after comparing the results of both models, 
introduced a non-dimensional parameter μT (Tabor’s parameter) which 
explained the inconsistencies (51). This was known as the Maugis-Dugdale 
model (M-D). The Maugis-Dugdale (M-D) model was first proposed to 
determine the adhesive contact of elastic spheres. In this model, the step 
cohesive stress (σ0) is randomly chosen to be the theoretical stress (σth) which 
matches that of the Lennard-Jones potential indicated by: 
F* (h) = 8∆γ/3z0 [(h/z0)
-9-(h/z0)
-3]  (2-25) 
Where h represents the local separation related to the gap h(r) = z0 + [w(r/a] 
Zheng and Yu (2007) (52) point out an alternative more reasonable model, 
where the Maugis model is initially extended to an axisymmetric elastic object 
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with a random surface adhesive interaction which is then applied to a power-law 
shape function and a step cohesive stress (52). The discussion of these models 
is significant in relation to the developments within the area of contact 
mechanisms, as some aspects such as characterising the consistent relation of 
deformation and the interaction have been problematic. Not only has the subject 
developed quickly since the JKR and DMT model, but on the other hand has 
also been limited by the natural limitations these models lack. 
The third model, the Maugis-Dugdale (M-D) theory considers the frictionless 
adhesive contact between two axisymmetric elastic objects. This is where an 
assumption is made that a small deformation occurs when two spheres are in 
contact, and the distribution of the stress and deformation is regarded as an 
elastic half-space and is performed with a Hankel transform (52). Maugis-
Dugdale (M-D) concentrates mainly on deriving the load-displacement relation 
that characterises the contact behaviour. The surface shape has been 
described by Zheng and Yu (2007) (52) by: 
F(ς)Ξ z(r) = z1 (r) + z2 (r), ς = r/a   (2-26) 
where r is the radius, a represents the contact radius, with z1 and z2 
representing two objects, and this surface contact may be divided into three 
regions: an intimate contact region r<a; a cohesive region a<r<c; and a non-
interaction region r>c.  
As these theories are complex, a simplified explanation is given by Zheng and 
Yu (2007) (52) which considers the power-law shape function, and the adhesive 
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interaction of the Dugdale approximation; the power-law shape function is 
described by: 
F(ς) = anςn/nQ  (2-27) 
where n and Q represent two shape parameters; whereby n is for all positive 
numbers i.e. n=1 for a cone; n=2 for a sphere; and n = ∞ represents a flat 
punch. Also Q is given by the dimension ℓn-1, with ℓ being the length; and if n=1, 
then Q = tanφ, where φ is a semi-angle; otherwise Q is denoted by Rn-1, and R 
is the equivalent radius. The Dugdale approximation is therefore a rough 
calculation of the step cohesive pressure distribution: 
p (ς) = - σ0, 1<ς<m  (2-28) 
where σ0 represents a constant stress. 
To calculate the M-D-n model, its simplified, as when the load is sufficiently 
high, the adhesive component may be neglected, which is an extended Hertz 
theory (Hertz-n) for power-law axisymmetric elastic objects (52). 
As discussed in the above models of adhesion, DLVO and XDLVO, both lack in 
the fundamentals of asperities associated with bacterial surfaces and 
appendages. These single-asperity micro- and nanoscale contact behaviours 
are important for the performance of many small-scale mechanical systems, 
such as the AFM (53). Usually, when analysing such aspects of cells, an 
assumption to their shape is made that they are parabolic and therefore the 
familiar adhesive contact models such as Johnson-Kendall-Roberts (JKR); 
Derjaguin-Muller-Toporov (DMT); and Maugis-Dugdale (M-D) may be applied.  
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Recently Grierson et al (2013) (53) investigated the use of this M-D-n model to 
investigate the behaviour of nanoscale adhesive contacts with non-paraboloidal 
geometries; specifically observing the pull-off force, work of adhesion. It was 
pointed out that adhesive forces that act between two surfaces play a critical 
role in determining the behaviour of small-scale mechanical systems that have 
a naturally high surface to volume ratio, For example, the AFM relies on the 
adhesion and friction between the tip and the sample surface in order to image 
and manipulate the sample in question. Therefore the tip is assumed a 
paraboloid shape and is able to be analysed using techniques such as JKR and 
DMT which extend the Hertzian contact model. However, this is not always the 
case as AFM tips are often of different geometry due to varying manufacturing 
methods as well as wear and tear after use. 
Results revealed an uncanny large adhesion range which may be due to the 
long range vdW forces or a deviation in the theory caused by atomic-scale 
roughness of the tip (53).  
Figure 2-3 highlights the three proposed models highlighting the Force versus 
the penetration depth for the different amount of adhesion. 
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Figure 2-3. Adhesion models shown in graphical form. 
 
2.2  Importance of surface topography 
The theories described consider many surfaces; however, there is lack of 
knowledge when applying the theories to real surfaces. As is evident not all 
surfaces are ideal, many exhibit irregularities (6), and additions on an otherwise 
flat surface. For example, the highest points on any surface may sometimes be 
known as peaks, but in this case they are known as asperities, with the lower 
points denoted as valleys. 
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It’s important to note that the effect of topographical heterogeneity on colloidal 
DLVO interactions has shown discrepancies between experimental deposition 
rates to the theoretical particle deposition when using the Derjaguin 
approximation showing the latter to be significantly smaller. Also the same 
DLVO model has attributed to the roughness of particles and surface, as 
asperities on both interacting surfaces decrease the total interacting energy and 
the height of the energy barrier that particles must overcome in order to adhere. 
Furthermore, the decrease in repulsion was attributed to the surface roughness 
therefore greater deposition occurs which is larger than predicted using the 
DLVO theory for smooth surfaces, as this does not account for ‘real’ surfaces. 
Computations of DLVO interactions between rough particles and a smooth plate 
and two rough surfaces have confirmed that roughness can significantly 
decrease the energy barrier, suggesting that deposition rates could be larger on 
rough surfaces (54). 
Single asperity adhesion models are more commonly viewed as sphere-sphere 
or sphere-flat plane approaches, and most techniques to understand and 
predict interactions are commonly based on vdW adhesion which utilize the 
vdW forces of attraction which inevitably leads to adhesion. Asperities tend to 
be modelled as a sphere with a radius equivalent to the radius of curvature of 
the asperity of the tip (6).  
Alternatively surface energy approaches are used, for example, the JKR, DMT 
and MD models; these consider the elastic response of the interacting subjects. 
Originally, an adhesionless contact model for a circular point was developed by 
Hertz, which described the deformation and contact radius. A further model 
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introduced later by Maugis and Dugdale (M-D) proposed the effects of surface 
forces which are involved at the Hertzian region of contact between two 
hemispherical asperities, and so Prokopovich and Starov (2011) (6) indicate 
that this model may be used for materials of both high and low adhesion (6). 
Through many years of research into the theories of contact, there has been 
much debate over which theory or combination of theories is most accurate. 
Evidence suggests that for small loads, the asperity models predicts a linear 
relation between the area of true contact and the applied load (55). As stated, 
the Coulombs friction law describes the fiction force as being proportional to the 
load due to a direct proportionality between the applied load and the area of real 
contact. Further explanation indicate that asperities of rough solid surfaces are 
deformed as soon as they are in contact, and as the yield stress is constant, the 
asperities end up with a direct proportionality between the load and the area on 
intimate contact. For example, Carbone and Bottiglione (2008) (55) performed 
wear experiments in which the contact of asperity was believed to be formed 
under elastic not plastic deformation i.e. initially plastic deformation occurs, but 
with time once a steady state condition the load is then supported elastically. 
Another point made by Carbone and Bottiglione (2008) (55) is that rubber 
materials undergo no plastic deformation and instead the area of intimate 
contact is determined by its viscoelastic properties of the material itself, the 
surface energies as well as their roughness (55). An interest in this area has 
arisen due to the requirement of manufacturing smaller mechanical and 
electrical devices from micro- to even nanoscale i.e. microelectromechanical 
systems (MEMS).  
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Basically, the multi asperity model is a generalized Hertz contact theory which 
accounts for the surface statistics. The notion developed from research into 
modelling the roughness of surfaces assuming identical spherical asperities 
with randomly distributed height, as all surfaces are not ideal, and most are 
uneven and so contact must be through asperities. Two models of multi asperity 
have been proposed (6). The first is the un-coupled model, and in general each 
asperity contributes but estimated independently, and the overall adhesion is 
the sum of all contributing asperities. The second model explained by 
Prokopovich and Starov (2011) (6) is the coupled model, whereby the surface in 
question is considered in its entirety. The coupled model is far more complex 
according to Prokopovich and Starov (2011) (6), which is rarely used, due to its 
mathematical difficulty. This model concentrates on the periodic interface 
profiles and does not consider the random distribution of asperity heights. 
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Chapter 3 - Atomic Force Microcopy (AFM) and 
AFM related methodologies  
3.1  Introduction 
The Atomic Force Microscope (AFM) was initially developed to overcome the 
problems associated with Scanning Electron Microscopes, whereby samples 
must be conducting or semiconducting in order to be imaged. Inherently, some 
samples, such as biological samples must be coated in carbon or gold which 
could damage the integrity of the sample itself.  
Yet, AFM is a very powerful technique, allowing samples to be imaged in situ in 
physiological conditions (1, 2), and it is also used quantitatively to study cell 
elasticity and molecular interaction forces (3). It can also be used to image the 
topography of materials in their native environments, giving significant 
information about surface features with unprecedented clarity (4). One aspect 
which enables this microscope to effectively produce accurate representations 
of the topography is the ability for three-dimensional mapping of the surface (2, 
4). AFM creates images by scanning a microscale cantilever with a sharp tip 
across its surface, in a non-destructive manner; and can be performed on bulk 
samples to reveal nanoscale topographical information about fragile materials 
and molecules, without the need for complex sample preparation (5). Figure 3-1 
is a simplified schematic adapted from the diagram produced by Last et al 
(2010) (1) and Braga and Ricci (2004) (4), illustrating the components needed 
for the AFM.   
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Figure 3-1. Schematic diagram of the operation of the AFM, illustrating the 
components required to obtain an image; a cantilever is scanned over the 
sample surface; and a laser beam is deflected off the back of the cantilever, 
monitored using a photodiode detector. 
 
The tip is the heart of the instrument (4), giving rise to the image through force 
interactions; it’s mounted to the end of the cantilever. Essential parameters of 
the tip are governed by the  sharpness of the apex, the radius of curvature, and 
the aspect ratio of the whole tip (4), which are depicted in Figure 3-2.  The 
images of the AFM are formed by the interaction forces that are recorded 
between the tip and the sample; and a feedback loop is essential for the 
accuracy of the images produced. Principally, the AFM utilizes the tip to raster 
scan across a surface in a horizontal pattern and back, controlled by the AFM 
electronics, the scanner then steps in a perpendicular direction (4), scans the 
second line horizontally and back; it continues in this manner until a topographic 
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image is formed containing the pre-selected number of scan lines. An image is 
achieved from these vertical movements (6) and in turn controls the signals sent 
by the feedback circuit to the scanner to move it up or down depending on the 
morphology of the sample and maintains the interaction forces applied.  
 
Figure 3-2. Scheme of the three essential parameters of the tip: r, the radius of 
curvature; the aspect ratio h, height to w, width of the tip. 
 
Normally, the AFM cantilever has three modes of operation; contact, non-
contact, and tapping mode. Jalili and Laxminarayana (2004) (7) point out that in 
order to probe electric, magnetic, and/or atomic forces of a selected sample; the 
non-contact mode is utilized by moving the cantilever away from the sample 
surface and oscillating the cantilever at/near its natural resonance frequency. 
Contact mode monitors the interaction forces while the cantilever tip is in 
contact with the sample. Tapping mode combines qualities of both contact and 
non-contact modes by gleaning sample data and oscillating the cantilever tip 
at/near its natural resonance frequency while allowing the cantilever tip to 
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impact the target sample for a minimal amount of time (7). Figure 3-3 illustrates 
an idealised plot of the relationship of the forces between the tip and sample, 
and also highlights the three common modes of operation, as modified from 
Braga and Ricci (2004) (4); and Jalili and Laxminarayana (2004) (7).  
 
Figure 3-3. Simple profile of the force separation plot, highlighting in blue the 
different modes of operation of an AFM (Contact, Non-contact and Tapping), 
indicating the forces of attraction of each. 
 
The reality and quality of AFM images depends greatly on operation, tip state, 
hardness of the sample surface, including the roughness and height (2, 8). In 
some cases, images that look perfect may be distorted, which could have been 
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influenced by the state of the tip, and any flattening or contamination of the tips 
must be avoided in order to obtain real images of the sample surfaces (8). 
 
3.2  Equipment 
The AFM used for the following experiments is the commercially available XE-
100 Advanced Scanning Probe Microscope (Park Systems, Korea), in contact 
mode, using a tip manufactured by NT-MDT, a CSG30 tip with a Gold coating, 
tip height of 14 µm, curvature of radius of 10nm with a spring constant of 0.6 
N/m and sensitivity of 37.388 V/µm; resonant frequency of 48kHz.  
 
3.3  Calibration 
The data obtained using AFM are z-piezo displacement (nm) and the tip 
deflection (mV), therefore, a calibration procedure is essential to maintain the 
integrity of the information gained from the tip to sample images. A simple 
equation: 
𝐹 = 𝑘𝑥  (3-1) 
Describes the normal force applied by the tip to a sample according to Hooke’s 
law. Whereby, F is the force at the tip (N); k the normal spring constant of the 
cantilever (Nm-1), and x being the deflection of the cantilever along the direction 
of F at the tip (m); furthermore the deflection is the product of the measured 
voltage and the device sensitivity (mV-1). Given these parameters enables 
accuracy in applying the normal force through calculating the exact spring 
constant as well as the sensitivity of the photodiode, as shown in Figure 3-4. 
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This is to accurately convert the voltage measurements given by the reflection 
of the laser beam from the cantilever on the AFM photodiode into the 
corresponding vertical deflection of the probe at the tip position. Hence, two 
consecutive calibrations are required. 
 
Figure 3-4. Effects of the lateral forces that affect the cantilever due to frictional 
characteristics on the surface of the ample by illustrating the change in 
movement of the photodiode laser detector. 
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The calculation used to determine the spring constant for a given cantilever 
depend on its shape i.e. whether the tip is V-shaped or rectangular. Sader 
method is employed for rectangular cantilevers; and the Neumeister and Ducker 
method is utilised for V-shaped cantilevers. The Sader method is a 2 step 
process; when using the Sader method, the following parameters are required 
to obtain the spring constant k for the first step: width, length and quality factor 
(this is obtained by vibrating the cantilever); these parameters are then used 
along with the Sader equation [3-2]: 
K = 7.5246ρb2LQγi(Re)f 2 (3-2) 
Where: 
K = spring constant (N/m) 
ρ = fluid density (kg/m3) 
b = width of the cantilever (µm) 
L = length of the cantilever (µm) 
Q = quality factor characterises the stability of an oscillator, usually calculated 
by dividing the resonance frequency by its resonance width (9); and generally 
the higher the frequency and smaller the resonance width gives a large Q which 
governs the resolution measurements (determined using the AFM software).  
γi(Re) = imaginary component of hydrodynamic function  which accounts for the 
loading on the vibrating cantilever by taking into consideration the effects of fluid 
surroundings and using the Q factor and natural frequency to determine the 
stiffness (10) (this can effect imaging and the sensitivity of the AFM). 
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f = resonant frequency (kHz) 
Using the calculated spring constant in the calibration mode of the AFM 
software allows for the sensitivity of the cantilever to be determined by utilising 
the Force-Distance Spectroscopy function to obtain a force-distance curve. This 
technique consists of lowering the tip to contact the surface (usually a silicon 
wafer), then the Z scanner moves down; the cantilever will deflect while the tip 
remains static to the hard surface. Therefore the reflection of the laser beam 
from the cantilever onto the photodiode gives an output voltage which is a 
function of the vertical distance moved by the Z scanner. Hence, the sensitivity 
of the photodiode is defined by the slope of the force-distance curve. This 
knowledge allows for accurate measurements of the displacement of the probe 
at the tip position. 
 
3.4  Surface topography analysis 
Surface coordinates of the tested materials were obtained using AFM in contact 
mode. For all the sample types, the scan was performed on an area size of 40 x 
40 m, at scan velocity of 40 µm/s and at scan frequency equal to 1.0 Hz. 
Asperities were located using an in-house written FORTRAN code under the 
following condition: a point on the surface is an asperity if the 8 bordering points 
(in x and y directions) are lower and the z- coordinates bordering further away 
from the initial x,y point are lower (Figure 3-5), mathematically expressed as:  
 
 
jinmandjjjjjniiiiim
nmzjizasperitiesjiz
,,        2,1,,1,2     2,1,,1,2with   
),(),(),(


 53 
Once an asperity had been located, its height was determined against a 
reference plane based on the average of all coordinates. The asperity density 
was determined calculating the number of asperities observed in the scanned 
area.  
 
 
Figure 3-5. Representation of the process used to identify asperities on 
surfaces. 
 
The asperity curvature radius in the x direction (Rx) was determined fitting the 
coordinates of the five points bordering the asperity, along the x axis, with a 
parabola (Figure 3-6) and using the following equation: 
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 (3-3) 
 
Figure 3-6. Schematic description of the process used to determine the radius 
of curvature of each asperity. 
 
In the same way, for the radius of curvature in the y direction (Ry), the bordering 
points on the y axis were used. 
Asperity heights and radii of curvature (Rx and Ry) cumulative distributions 
were estimated and fitted with the Gaussian model (Eq. (3-4). 
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3.5  Surface forces mapping analysis 
All adhesive force measurements were conducted in an open liquid cell made of 
polychlorofluoroethylene, PCTFE (Park Systems, Korea) which is a 
homopolymer with high compressive strength and low deformation under load, 
using phosphate buffer solution (PBS) as the aqueous environment. A 
rectangular silicone cantilever  with a borosilicate colloid sphere,  20 µm in 
diameter, attached (Novoscan, USA)  was used with a spring constant 14 N/m 
calibrated using Craig and Neto’s in situ calibration of colloidal probe cantilevers 
(9, 11, 12), with Au surface (no reflex). The calibration method uses the force-
distance function of the AFM and simply uses the gradient of the force curve to 
determine the spring constant (k) using the following equation [3-5]: 
𝐾 =  6𝜋𝜂𝑏2𝑚  (3-5) 
Where: 
k = the spring constant (N/m) 
η = viscosity of the solution (mPa s) 
b = radius of the sphere (µm) as stated by the manufacturers  
m = slope of the line  
 
In order to gain comprehensive data for the adhesive interactions of the given 
samples, the surface mapping feature of the AFM was employed. Using a 40 x 
40 µm scan size, the mapping function was selected in force-distance 
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spectroscopy mode, enabling the repetition of measurements; this case is 
demonstrated in Figure 3-7. 
. 
                           
 
Figure 3-7. Mapping function of the AFM depicted to determine the surface 
forces. 
 
The larger image, (dotted outline) containing 9 smaller boxes with letters, 
represents an area (40 x40 µm) on the surface of the UHMWPE; inside of which 
are smaller (bold lines) boxes containing letters, A-I, these demonstrate the 
mapping function available on the AFM. From each of these 9 boxes, 16 
adhesive force measurements are applied to one box at a time, these 16 points 
are shown to the right of the area (dotted line square). This type of mapping 
allows the user to gain 144 force curves per area (dotted line square) of 
UHMWPE, and as three areas from the three different samples were measured 
A D G 
E 
F 
B 
C 
H 
I 
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for all untreated and cold atmospheric pressure plasma (CAP) treated 
UHMWPE, then a total of 1296 force curves were analysed for this work. 
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Chapter 4 - Adhesive Forces and Surface 
Properties of Cold Gas Plasma Treated UHMWPE  
 
 
 
 
 
 
 
 
 
 
 
The content of this chapter has been published in: 
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4.1  Abstract 
Total joint replacement (TJR) has become common practice for osteoarthritis 
sufferers. Many materials from ceramics, metals and alloys, to polymers have 
been used based on certain desirable properties which include: low friction 
coefficient; resistance to bearing damage and wear; generates small amounts 
of wear debris and biocompatibility to reduce adverse cellular responses; it is 
also beneficial for the surface to have decreased hydrophobicity, as this allows 
for ease of osseointegration, and increased adhesive properties associated with 
asperities on the material to allow extracellular materials to effectively attach 
minimising rejection. Cold atmospheric pressure plasma (CAP) treatment was 
used on ultra-high molecular weight polyethylene (UHMWPE), a common 
articulating counter material employed in hip and knee replacements. UHMWPE 
is a biocompatible polymer with low friction coefficient, yet does not have robust 
wear characteristics. CAP effectively cross-links the polymer chains of the 
UHMWPE improving wear performance (Perni et al, 2012) (1).  
In this work, interactions between CAP treated UHMWPE and spherical 
borosilicate sphere (representing model material for bone) is considered 
employing AFM technique. CAP increased the adhesive forces in the presence 
of phosphate buffer solution (PBS), after treatment with Helium and 
Helium/Oxygen cold gas plasmas. Furthermore, a more hydrophilic surface of 
UHMWPE was observed after both treatments, determined through a reduction 
of up to a third in the contact angles of water. On the other hand, the asperity 
density also decreased by half, yet the asperity height had a three-fold 
decrease. This work shows that CAP treatment can be a very effective 
 61 
technique at enhancing the adhesion between bone and UHMWPE implant 
material as aided by the increased adhesion forces. Moreover, the hydrophilicity 
of the CAP treated UHMWPE can lead to proteins and cells adhesion to the 
surface of the implant stimulating osseointegration process. 
 
4.2  Introduction 
Osteoarthritis is also known as “degenerative joint disease” and occurs as a 
result of loss in articular cartilage which lines the bone of synovial joints (2). 
Articular cartilage minimises stress on subchondral bone and provides low 
friction surfaces (3, 4) playing an essential role at these lubricating junctions. 
Furthermore, it is a resilient tissue, demonstrating features of durability (4) 
through compression and shear. However, once the cartilage fractures, it has 
limited or no ability to heal. These injures are often caused by mechanical 
twisting and direct impact/loading, including: direct injury to the articular 
cartilage (e.g. osteochondral fractures); abnormal mechanical stress on the joint 
(e.g. in poor joint alignment) and impaired subchondral bone support and blood 
supply (e.g. avascular necrosis). These events can alter the composition, along 
with the structure, and mechanical properties of the cartilage impairing its ability 
to perform the required functions (4, 5). 
 In many cases if the medical management i.e. drug intervention of the joints 
has failed then many patients are recommended for total joint arthroplasty (TJA) 
(6). It is well accepted, since its development in the 1960s (7), that total hip and 
total knee replacement surgery is a reliable method to relieve pain and return 
lower limb function, generally to improve the quality of life for the patient. Ultra 
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high molecular weight polyethylene (UHMWPE) has been commonly used for 
over four decades (8, 9) as an articulating counter surface for TJA. For 
example, UHMWPE is used in spine disk replacement (10) and as a concave 
bearing material in the acetabular cup in the hip and as the tibial tray in the 
knee; with the opposite bearing surface traditionally made of hard but very 
smooth ceramic (Alumina, Zirconia, hydroxyapatite/calcium phosphate) or metal 
(stainless steel, Titanium and alloys, Cobalt and alloy materials. Other polymers 
(polyethylene, polypropylene, polyurethane, poly-methyl methacrylate) (11) in 
combination with metal/alloys (Nickel-Titanium; Cobalt-Chromium) are also 
used as they have good mechanical and surface properties when employed 
together (12).  However, the true success of UHMWPE lies in the fact that it is 
biocompatible (12), with good low friction properties, chemical inertness, high 
impact strength and sufficient mechanical performance (1, 13, 14).  
Regardless of the hype associated with UHMWPE, it does not display robust 
wear performance on dynamic load (15) as the energy builds up and 
accumulates forming cracks (15); therefore decreases the longevity of the 
device for TJA (1). Research has suggested that some wear particles, of 
polyethylene in particular, are the result of the sterilisation treatment pre-surgery 
which introduces free radicals (1, 16) and is often achieved through gamma 
radiation (15). Certain techniques have already been used as an attempt at 
improving the wear performance of UHMWPE, for example: gamma or electron 
beam irradiation with thermal stabilisation (1, 17); ion bombardement (18); 
proton radiation (14); argon plasma surface modification (19) and addition of 
Vitamin E to the polymer (20). Irradiation of the polymer was introduced to 
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overcome the initial problem of fragility; gamma radiation effectively produced 
free carbon radicals on the backbone chain of the polymer which caused cross-
linking (desirable) chain scission, and oxidation (undesirable) of the polymer 
(15, 16). Cross-linking increases the wear resistance, abrasion resistance, and 
even improve the thermal stability (14, 15); on the other hand oxidation has a 
negative effect by decreasing the properties listed as well as lowering the 
molecular weight and chain length governing the fragility (15).  
Surface processing with gas plasma effectively alters the surface chemistry of 
the material by the bombardment of ions, electrons UV radiation and other 
chemically reactive species (radicals) present in the plasma plume (1). 
Developments in gas plasma technology allow generating gas plasmas at room 
temperature without the need for vacuum, these have been called “cold 
atmospheric pressure plasmas” (CAP) (1, 21); this is a cheaper alternative than 
other plasma techniques as it is performed in air and without a vacuum 
chamber; it also aids as a sterilising technique. Cold gas plasma technology has 
been successfully employed to enhance the wear performance of UHMWPE 
(1); untreated UHMWPE had a wear factor of 2.7 x 10-7 mm3 N-1 m-1, yet after 
just 7 minutes of treatment with the plasma, it had a wear factor of almost half 
the untreated material at 1.4 x 10-7 mm3 N-1 m-1; further benefits were also seen 
after XRD diffraction patterns demonstrated that the treatments did not affect 
the crystallinity of the UHMWPE, therefore maintaining its integrity and in 
retaining cytocompatible properties of untreated UHMWPE (1). Although, 
treatment improved the wear performance of the UHMWPE, no evidence of the 
CAP on the adhesive properties outcome of the material has been studied 
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which inherently cause wear particles. On the other hand, adhesion plays an 
essential role when applied to osseointegration; which is the process of bone 
adhering to the implanted device to improve function and overall health of the 
patient (22). In this study therefore, these characteristics of the new materials 
(CAP modified UHMWPE) were investigated by delving further into the role of 
adhesive force interactions focusing on the comparison of the untreated and 
CAP treated UHMWPE and by presenting comprehensive surface topography 
analysis along with adhesive force mapping, using atomic force microscopy 
(AFM); the impact of the treatment on the UHMWPE properties was also  
characterised by contact angle measurements and surface energy parameters 
determination.   
 
4.3  Materials and Methods 
4.3.1  Polymers 
Selections of UHMWPE (GUR 1020, Hoechst, Germany) were employed in this 
study.  
4.3.2  Cold gas plasma treatment 
The CAP device was made of two electrodes: a capillary powered electrode, 
situated within a quartz tube of 1.5 mm inner diameter; and a downstream ring 
electrode, this is wrapped around the outside of the quartz tube near a nozzle. 
This set up (Figure 4-1) allows for the axial separation of the electrodes 
producing an axially directed electrical field upon an external voltage (1). Using 
CAP generated in Helium and Helium with varying amounts of Oxygen, were 
able to demonstrate an effective and beneficial method of treating UHMWPE. 
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The flow of gas was achieved by applying 5 slm (standard litre per minute) of 
99.99% Helium and 10 sccm (standard cubic centimetre per minute) of Oxygen 
were combined before passing through the capillary electrode i.e. doubling as 
the gas inlet (1). Power was supplied by an alternative current (A.C.) supply 
with a peak voltage of 8 kV and an excitation frequency of 20 kHz (1). Due to 
the alignment of the electrodes and hence the electrical field, then the gas flow 
is also in an axial direction and is sometimes known as linear field devices (1, 
23, 24). The resulting applied voltage governs the breakdown of the gas 
(Helium/Oxygen mixture) to produce an electrical discharge inside the quartz 
tube, which appears as a light emitting plume or plasma jet from the quartz (23). 
 
Figure 4-1. CAP equipment set up. 
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4.3.3  Surface analysis 
Atomic Force Microscope (AFM) (XE-100 Advanced Scanning Probe 
Microscope (Park Systems, Korea) was used for surface topography analysis, 
as well as for adhesion force measurements. 
4.3.3.1  Topography 
In order to image all three samples (untreated UHMWPE, Treated UHMWPE-
Helium, Helium and Oxygen mix), a contact rectangular tip, CSG30 (NT-MDT, 
Russia), with reflective Au side, was used with a spring constant of 3.3 N/m, a 
tip height of 14µm and a tip curvature of radius of 10nm. This probe was 
calibrated using the Sader method (25).  
The scan parameters used were as follows: Scan size of 40x40 µm; resolution 
at 1024x1024; Scan rate was maintained between 0.8-1.0 Hz and an applied 
load of 21.34 nN. Three independent samples for each of the material used 
were scanned and around 10 images for each sample were taken. 
Asperities were located using an in-house written FORTRAN code under the 
following condition: a point on the surface is an asperity if the 8 bordering points 
(in x and y directions) are of lower height and the z- coordinates bordering these 
are further away as well as lower in height (26). Once located, the asperity 
height, density and the radius of curvature were determined using the in-house 
built FORTRAN code, as described in detail in other work (26). 
4.3.3.2  Surface Energy 
The surface energy components for each material were determined by contact 
angle measurements of water (θw), ethylene glycol (θet) and hexadecane (θh). A 
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drop of each liquid, 5µl, was gently placed onto the UHMWPE sample and 
imaged using a digital camera; 10 replicates were performed on each sample. 
The contact angle of both the right and left side of the liquid drop (Figure 4-2) 
were measured using ImageJ software (NIH, USA).  
The mean values were used to calculate the surface energy parameters: 
Lifshitz-Van der Waals interactions (γLW), Lewis acid-base interactions γAB, the 
electron-acceptor (γ+) and the electron-donor (γ-) molecular interaction through 
the following equation [4-1] 
𝛾𝐿(1 − 𝑐𝑜𝑠𝜃) = 2 (√𝛾𝑆
𝐿𝑊𝛾𝐿
𝐿𝑊 + √𝛾𝑆
+𝛾𝐿
− + √𝛾𝑆
−𝛾𝐿
+)  (4-1) 
 
 
Figure 4-2. Image taken of a liquid drop used to determine the contact angle as 
well as the surface free energy of the UHMWPE samples. 
 
θ 
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4.3.3.3  Adhesive Force Measurements 
All adhesive force measurements were conducted in an open liquid cell made of 
polychlorofluoroethylene, PCTFE (Park Systems, Korea) which is a 
homopolymer with high compressive strength and low deformation under load, 
using PBS as the aqueous environment. A rectangular silicone cantilever  with a 
borosilicate colloid sphere,  20 µm in diameter, attached (Novoscan, USA)  was 
used with a spring constant 14 N/m calibrated using Craig and Neto’s in situ 
calibration of colloidal probe cantilevers (25, 27, 28), with Au surface (no reflex).  
In order to gain comprehensive data for the adhesive interactions of the given 
samples, the surface mapping feature of the AFM was employed. Using a 40 x 
40 µm scan size, 144 force curves were obtained on each UHMWPE samples, 
as three different samples were measured for each of untreated and CAP 
treated UHMWPE, a total of 1296 force curves were analysed for every material 
for this work. 
4.3.4  Statistical analysis 
The effect of the cold gas plasma treatment on the asperity heights distribution 
was investigated through the one-way ANOVA test followed by the Bonferroni 
post hoc test (p <0.05). The difference on asperity curvature radii was analysed 
with Kruskal-Wallis test followed post hoc with a Dunn’s test for individual pairs 
of data sets. 
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4.4  Results 
4.4.1  Surface topography 
Analysis of the 40 x40 µm scanned areas of both untreated and CAP treated 
UHMWPE Helium and Helium/Oxygen mixture (Figure 4-3) estimated that the 
average asperity density for untreated UHMWPE was 15.2 x 1010 asp/m2 almost 
twice the value after CAP treatment of both Helium and the Helium and Oxygen 
mix samples, 9.3 x 1010 asp/m2 and 6.7 x 1010 asp/m2 respectively (Table 4-1).   
Another parameter which attributes to the surface roughness of the samples is 
the asperity height, (µm) again it is clear from the results that a three-fold 
reduction of asperity height has occurred post-CAP treatment of the samples 
with no significant difference between the CAP-treated samples; as the 
untreated UHMWPE had an average asperity height of 652 nm yet the Helium 
treated UHMWPE had an average asperity height of 223 nm, while the Helium 
and Oxygen mixture treated samples average asperity height reduced to 180 
nm. All samples of UHMWPE both treated and untreated had asperity heights 
normally distributed (Figure 4-4). 
 
 
 
 
 
 70 
Table 4-1. Surface topography analysis data recovered from each of the three 
UHMWPE samples. 
 
 
   
X and Y direction Radius of curvature 
percentile 
UHMWPE 
Samples 
Asperity density 
(Asp/m2) 
Average 
Asperity 
height (nm) 
 25th (m)   50th (m) 75th (m) 
untreated 15.2±0.3 E+10  652 ± 25 1.55 ± 0.11 2.33 ± 0.05 3.66 ± 0.05 
He 9.3 ± 1.1 E+10 223 ± 47 0.64 ± 0.26 1.12 ± 0.13 2.37 ± 0.84 
He/O2 6.7 ± 0.9 E+10 180 ± 53 1.13 ± 0.42 2.46 ± 0.54 3.49 ± 0.76 
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Figure 4-3. AFM 3D images of UHMWPE pre- (a) and post-CAP treatment with 
Helium (b) and Helium Oxygen mix (c). 
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Figure 4-4. Cumulative frequency distribution data of the asperity heights, 
before CAP treatment (a) post-CAP treatment with Helium (b) and Helium 
Oxygen mix (c). 
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Figure 4-5. Distribution for the curvature of radii for the hemispherical theory 
based on the ratio of the curvature in the x and y direction (Rx/Ry) for all 
samples of UHMWPE: Untreated (a); Helium Treated (b) and Helium Oxygen 
mix treated (c). 
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A further surface topographical aspect which has been investigated was the 
radii of curvature of asperities. The distribution of the ratios of the asperity radii 
in the x and y directions (Rx to Ry) were investigated to determine the 
hemisphericity of the asperities.  On comparison with the untreated UHMWPE 
(Figure 4-5) the curvature of radii ratio (Rx:Ry) demonstrated a hemispherical 
shape as the higher frequency of the distribution is at ratios of about 1; similarly 
this is also the case for Helium and Helium/Oxygen CAP treated UHMWPE. 
When considering the percentile results, it emerged that in all cases the 
curvature radii were not normally distributed. Moreover, the He/O2 cold gas 
plasma treatment did not present a statistical difference compared to untreated 
samples, whereas the He cold gas plasma caused a reduction of the curvature 
asperity radii. 
4.4.2  Contact Angles and Surface Energy 
All surface energy parameters, including the contact angles measured for each 
liquid used, are given in Table 4-2. The contact angle measurements display 
great changes as there is a decrease in contact angle for both CAP treated 
samples compared to the untreated UHMWPE.  For example, contact area of 
water drop, θw, was found to be 70.4
o for untreated UHMWPE, but for Helium 
and Helium/Oxygen CAP treated UHMWPE the angle was measured at 46.1o 
and 58.0o, respectively. This decreasing trend is also given for the contact 
angles for ethylene glycol, θet, for example, θet: 51.2
o for untreated UHMWPE; 
35.3o and 50.2o for Helium and Helium/Oxygen CAP treated UHMWPE, 
indicating that the CAP treated surfaces have become hydrophilic.  On the other 
hand the surface energy data clearly demonstrates that there is little difference 
of the electron-donor and electron-acceptor parameters (γAB), with results 
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varying by a few mJ/m2: 7.89, 8.38 and 6.54 mJ/m2 for untreated UHMWPE and 
CAP-treated UHMWPE with Helium and Helium/Oxygen mixture, respectively. 
As the dispersive surface free energies (γLW) are also calculated also had little 
difference between the samples, for untreated UHMWPE, 25.58 mJ/m2; 26.61 
mJ/m2 for the Helium treated sample and for the Helium and Oxygen mix 
sample that was tested was 30.23 mJ/m2. Therefore due to the small difference, 
the overall total of the surface free energies for the tested samples not 
surprisingly had little variation of 33.47 mJ/m2; 34.99 mJ/m2; and 36.77 mJ/m2 
for untreated UHMWPE, and CAP-treated UHMWPE with Helium, and Helium 
Oxygen mix respectively. 
 
Table 4-2. Contact angles of water (w), ethylene glycol (et), hexadecane (h) 
and surface energy parameters of UHMWPE samples. 
 
   
LW 
(mJ/m2) 
+ 
(mJ/m2) 
- 
(mJ/m2) 
AB 
(mJ/m2) 
tot 
(mJ/m2) 
untreated 70.4±1.5 51.2±1.9 19.7±2.4 25.58 0.92 16.93 7.89 33.47 
He 46.1±2.5 35.3±2.6 12.4±1.7 26.61 1.04 17.00 8.38 34.99 
He/O2 58.0±3.6 50.2±3.8 15.0±3.1 30.23 0.33 32.73 6.54 36.77 
 
 
4.4.3    Adhesion Force Measurements 
Adhesion force measurements results for dry case samples are set in Figure 
4-6. Generally for the dry case samples a normal distribution was observed. 
w et h
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However, for the untreated dry case UHMWPE the distribution is very wide with 
possibly three populations at 250, 1250, and 1900 nN; this may be associated 
with the distribution of asperities on the surface governed by the mechanical 
properties of adhesion phenomenon. For Helium dry case treated sample had 
an average adhesion distribution around 500 nN; as well as the Helium/Oxygen 
treated UHMWPE at around 600 nN, from this decrease in adhesive force 
measurements compared to the untreated UHMWPE in dry case suggests that 
the CAP treatment has altered the surface properties as the adhesion has 
reduced. On the other hand when observing the results collected for adhesive 
force measurements in PBS there is no normal distribution (Figure 4-7). Also 
there appears to be a significant decrease in adhesion force measured 
compared to those measured in a dry environment. This decreasing  trend of 
adhesion force measurements may be attributed to the relative permittivity 
phenomenon (29, 30).The resulting adhesion measurements for untreated 
UHMWPE in PBS exhibited an average adhesion force measurement of around 
10nN, (Figure 4-7a), whereas both treated samples had a five-fold increase in 
adhesion force averaging 50nN (Figure 4-7b and c). 
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Figure 4-6. Adhesion force measurements for all tested samples of UHMWPE; 
a) Untreated; b) Helium treated and c) Helium/Oxygen treated. 
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Figure 4-7. The adhesion force measurement results for all tested samples of 
UHMWPE; a) Untreated; b) Helium treated and c) Helium Oxygen mix in PBS. 
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4.5  Discussion 
Irregularities on the material surface are features exhibited by all solid materials; 
these are denoted "asperities". For decades adhesion has been of interest in 
research (31-34) and is a complex phenomenon applied to a vast range of 
activities from walking to bacterial attachment (33). Generally, there are many 
aspects which govern the adhesion process, for example, the surface 
topography may influence the extent of adhesion due to variations in the real 
area of contact (26).  
Moreover, the physicochemical properties associated with the surface of 
UHMWPE are strongly influenced by the chemical and functional groups of the 
polymer. In this case, polyethylene polymer is a long chain consisting of the 
monomer ethylene ((C2H4)n) (35), variations exist in the density and amount of 
branching. However as has been discussed that UHMWPE has a disadvantage 
in regards to wear leading to aseptic loosening (9, 13, 35). It has been 
highlighted that highly cross-linked polyethylene (XLPE) (35) has a higher 
density and usually achieved through costly process such as thermal treatment 
and irradiation. However, it has been noted that these procedures introduce 
another problem of oxidation (15, 16) causing long-term damage and failure of 
the device. The CAP treatment therefore has the advantages of these 
techniques through introducing free radicals such as Nitrogen free radicals from 
the surrounding environment which promote further cross-linking across 
multiple polymer chains effectively increasing the density and strength of the 
polymer (35). It is has been demonstrated (1) that the CAP introduce Nitrogen 
groups on the surface of UHMWPE. Furthermore, these groups have a clear 
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effect on the surface properties of the samples post-CAP treatment increasing 
the hydrophilicity of the material.  
As was observed in this work, the changes in the surface topography are 
inherent of plasma etching which explains the decreased asperity density by 
almost half that of the untreated UHMWPE compared to both CAP treated 
UHMWPE, as well as the reduction in height. As the plasma is volatile on 
production it bombards the surface with highly charged ions/radicals that etch 
away parts of the surface, some of these parts may embed to the surface 
through chemical reactions therefore disrupting the topography; such as 
shaving the height of asperities, thereby reducing the number of asperities per 
given area. Also this may affect the curvature of radii, although it has been 
noted (26) that normal contact models have a random anisotropic distribution, 
especially when considering the surface roughness, asperity radii (36) and 
asperity heights are traditionally assumed to have a Gaussian distribution (26) 
yet when applied to engineering applications, many machining process produce 
surface with asperity heights non normally distributed (26). The variations in 
height and shape of asperity play an essential role in the adhesion phenomena 
and influence the resulting adhesion force measurements along for a closer 
apposition of bone to the implanted device (37).   
The small adhesive forces observed in PBS compared to the dry case results 
are due to the different relative permittivity of water and air, εr of water ranges 
from 4 to 88 Fm-1 and εr of air is much less at 1.000536 Fm
-1 at room 
temperature. The higher permittivity of water impacts on the extent of the 
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interaction between UHMWPE and borosilicate sphere reducing the contribution 
to the contact forces (30, 38)  
It is evident (39) that the mechanical and physicochemical interactions between 
the implant and lubricant is a necessity, especially when considering 
osseointegration (40) and the formation of molecular layers to the implant to 
minimise friction and potential wear. Osseointegration has been defined as 
direct structural and functional connection between ordered living bone and 
implant (22). Nanoseconds into TJR surgery water forms a layer facilitating 
proteins that adsorb onto the surface of the implant i.e. the extracellular matrix 
(ECM) proteins (22) which initiates cellular adhesion. Normally a duration of at 
least 5 days post implantation is essential for new bone formation (22) which is 
governed by the surface properties and adsorption rate of the polymer, which 
determines the proliferation of osteoblasts and acceptance or rejection of the 
implant as implant bone interface has an essential role in prolonging the 
longevity and function of the prostheses (40). It has also been pointed out (41) 
that the biocompatibility of the implant can influence the cell behaviour and, 
therefore, attachment; as well as the surface characteristics such as 
topography, chemistry and surface energy have an important role an adhesion 
which has been highlighted in this work. Moreover, these results indicate that 
the increased adhesion and hydrophilicity of the polymers surface after 
treatment with CAP could lead to improved osseointegration (40, 42). 
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4.6  Conclusions 
This work aimed at comparing the effects of CAP-treatment with He and 
He/Oxygen cold gas plasmas on medical grade UHMWPE surface properties 
and forces of adhesion. Results showed that CAP treatment decreased the 
asperity density of both treated samples by half that of the untreated UHMWPE; 
the treatment also reduced the height of these asperities due to plasma etching. 
Furthermore, the etching also affected the asperity curvature radii which were 
generally smaller after CAP treatment. However, the CAP-treatment did not 
affect the overall surface energy of the tested samples as there was little 
difference in the parameters, although a decrease in contact angle of water was 
noticed in the treated UHMWPE samples, thereby improving the hydrophilicity. 
From the decrease in hydrophobicity after CAP treatment to the UHMWPE 
increased the resulting adhesion forces measured. These results have shown 
that CAP-treated UHMWPE has advantageous properties at improving the 
characteristics associated with successful prostheses such as improved wear 
and increased adhesion which is essential for improved osseointegration for the 
longevity of the implanted devices. 
 
4.7  Abbreviations 
A.C. – Alternative Current 
AFM – Atomic Force Microscopy 
CAP – Cold Atmospheric Pressure Plasma 
ECM – Extracellular Matrix 
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PBS – Phosphate Buffer Solution 
PCTFE – Polychlorofluoroethylene 
slm – standard litre per minute 
sccm – standard cubic centimetre per minute 
TJA – Total Joint Arthroplasty 
TJR – Total Joint Replacement  
UHMWPE – Ultra-high Molecular Weight Polyethylene 
XLPE – Highly cross-linked polyethylene 
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5.1  Abstract 
It is well known that a number of surface characteristics affect the extent of 
adhesion between two adjacent materials. One such parameter is the surface 
roughness as surface asperities at the nanoscale level govern the overall 
adhesive forces. For example, the extent of bacterial adhesion is determined by 
the surface topography, also once a bacteria colonizes a surface, proliferation 
of that species will take place and a biofilm may form increasing the resistance 
of bacterial cells to removal. 
In this study, borosilicate glass was employed with varying surface roughness 
and coated with bovine serum albumin (BSA) in order to replicate the proteins 
layer that covers orthopaedic devices on implantation. As roughness is a scale 
dependent process, relevant scan areas were analysed using atomic force 
microscope (AFM) to determine surface roughness (Ra), furthermore 
appropriate bacterial species were attached to the tip to measure the adhesion 
forces between cells and substrates. The bacterial species chosen 
(Staphylococci and Streptococci) are common pathogens associated with a 
number of implant related infections that are detrimental to the biomedical 
devices and patients. Correlation between adhesion forces and surface 
roughness (Ra) was generally better when the surface roughness was 
measured through scanned areas with size (2x2 µm) comparable to bacteria 
cells. Furthermore, the BSA coating altered the surface roughness without 
correlation with the initial values of such parameter; therefore, better 
correlations were found between adhesion forces and BSA coated surfaces 
when actual surface roughness was used instead of the initial (nominal) values. 
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It was also found that BSA induced a more hydrophilic and electron donor 
characteristic to the surfaces; in agreement with increasing adhesion forces of 
hydrophilic bacteria (as determined through Microbial Adhesion to Solvents test) 
on BSA coated substrates. 
 
5.2   Introduction 
Biofilms are defined as a layer or layers of cells, adhered to a substratum which 
are generally embedded in an organic biological matrix i.e. extracellular 
polymeric substances (EPS) (1-5).  It is due to biofilm formation that many 
bacteria survive in highly diverse and adverse environments as a result of the 
polymicrobial ecosystem. Not surprisingly,  biofilms have formed on a variety of 
surfaces and are not only restricted to attachment at a solid-liquid interface, but 
have been observed at solid-air and liquid-liquid interfaces (1-4, 6, 7), with 
some having beneficial results as well as detrimental; for example, in industry 
biofilms are used successfully to separate coal particles from mineral matter (8, 
9). 
On the other hand, biofilms have been known to cause biofouling reducing 
mass and heat transfer and effectively increasing corrosion (10, 11); yet from a 
medical point of view, biofilms colonizing implanted medical devices often lead 
to implant failure (7). Furthermore, the food industry have had a major interest 
in biofilms as a result of their resistance to cleaning and disinfection because 
spoilage and pathogenic bacteria pose a risk to public health and product 
quality (11-13). Also in the paper industry, biofilms can trap certain particles, 
calcium carbonate, cellulose fibres, causing problems with the formation of a 
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thick slimy deposit which clogs wires resulting in sheet breakages and reduction 
in paper quality because of holes, odours and even discoloration (14).   
The formation of biofilms is a complex multistep process which is dependent on 
a number of variables such as: the type of microorganism, the surface of 
attachment and the surrounding environment (6). Initially, microorganisms 
attachment to an abiotic surface occurs mainly through hydrophobic 
interactions; yet adhesion in living tissue takes place through specific molecular 
mechanisms such as ligands. In the first stage of attachment, cells are 
reversibly bound to a surface; this step is governed by the repulsive energy 
barrier, when occurring and resulting from the overlap of the negatively charged 
substratum surface produced by the electrical double layer formed in an 
aqueous environment  (13). Nevertheless, many bacteria can overcome the 
repulsive energy barrier by effectively penetrating this obstacle using features 
such as: nanofibers, for example flagella, whilst others produce EPS to bridge 
the cell to the substratum surface effectively forming the conditioning layer (6, 9, 
13). As well as these effective bridging effects, these crucial initial stages of 
attachment are mediated by a number of other interactions, namely van der 
Waals attractive forces, electrostatic repulsive forces and surface 
hydrophobicity (14, 15). The predominance of these forces is dependent on the 
distance between the microorganism and the surface; usually at distances 
greater than 50 nm van der Waals (vdW) forces are the main factor, whilst at 
closer distance (10-20 nm) a combination of both vdW and electrostatic 
interactions controls cell adhesion (6). 
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A conditioning film is often provided by body fluids, this has also been noted to 
play a role in biofilm formation; for instance, in dentistry, teeth can be coated by 
a protein layer made of albumin, lysosomes, glycoproteins, lipids and gingival 
crevice fluid (9) allowing for anchoring points to which  flagella can attach. The 
conditioning film may be very complex and often results in chemical 
modification of the substratum surface which effectively influences the rate and 
extent of attachment of the bacteria (6, 16), these result from the conditioning 
film effectively creating a foundation base that masks the surface features. The 
adhesion process on a coated substratum is, therefore, dominated by this 
conditioning film (6). 
Certain parameters such as: the surface hydrophobicity/hydrophilicity (15, 17), 
topography and roughness (18-20) are known to have a dominating role in the 
extent of adhesion that is essential for the biofilm growth phase to be 
successful. At large and intermediate separation distances between cell and 
substrate, macroscopic cell surface properties (such as: surface free energy, 
surface charge and hydrophobicity/hydrophilicity) control the initial attachment; 
whilst at small separation distances (below 5 nm) microscopic molecular short-
range interactions mediate bacterial adhesion (5, 21). It has been hypothesized 
(21, 22) that asperities or peaks and other surface structures on both interacting 
surfaces may result in a decrease in the total interacting energy as well as the 
height of the energy barrier that the microbial cell must overcome before 
adhering to the substratum surface; hence there may be a greater rate of 
adhesion on rougher surfaces (18) with a positive correlation with the rate of 
colonization, especially in oral implants (18, 19, 23). Additionally, surface 
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roughness is a scale dependent process i.e. results from undulations and 
imperfections on the surface of a material in relation to the observed or scanned 
area, therefore, average surface roughness (Ra) or root-mean-squared (RMS) 
values may be different at the macroscale compared to the micro- and even at 
the nanoscale (24, 25).  
Atomic force microscopy (AFM) is a technique that employs the deflection of a 
cantilever in proximity of a surface to determine the topography and/or the 
interfacial forces between two surfaces; cantilevers have also been 
functionalized with cells to quantify forces acting between surfaces and bacteria 
(26).  
The aim of this study was to investigate the role of surface roughness, in 
relation to a scanned area comparable with the size of bacteria, on the forces of 
adhesion between the material and cells. Borosilicate glasses, uncoated and 
coated with bovine serum albumin (BSA, of different micro- and nanoscale 
roughness have been used in this work against various bacterial species: 
Staphylococcus epidermidis, Staphylcoccus aureus and Streptococcus mutants, 
employing AFM to analyse the adhesive forces associated with these bacterial 
species and substrates. These bacteria are some of the common causes of 
infections associated with medical devices; specifically Staphylococci in 
orthopaedic implanted devices (where borosilicate glass mimics orthopaedic 
materials), whilst S. mutant in oral cavity related applications (where glass has 
been used to coat Titanium dental implants (27)).  
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5.3  Materials and Methods 
5.3.1   Borosilicate Glass 
Samples of borosilicate glass (size 2x2cm2 with thickness of 2mm) were cut 
from TEMPAX sheet glass obtained from Schott under constant temperature of 
510oC and the surfaces of glass pieces were fused using a gas burner. 
Increasing roughness of the glass was achieved by grinding to specific 
gradation using abrasive particles of varying sizes. After polishing the edges of 
the glass plates were then fused again; untreated glass samples were used as 
a control. In total five glass materials were employed:  A – control (untreated), 
B, C, D, and E of increasing roughness. 
5.3.2   Macroscale roughness measurements 
The macro scale roughness of the sample was determined using a mechanical 
profilometer (Talysurf Series 2, Taylor-Hobson Ltd., Leicester, UK).  
5.3.3   Bacteria and AFM tip functionalisation 
Staphylococcus epidermidis RP62 and ATCC 12228; Staphylococcus aureus 
ATCC 25923 and Streptococcus mutants NCTC 10449  were cultured statically 
in brain heart infusion (BHI, Oxoid, UK) broth overnight at 37°C, before placing 
a 100 µl drop of bacteria suspension onto a previously poly-L-lysine (0.1% w/v 
solution, Sigma, UK) coated AFM tips. The drop was left for 30 minutes before 
attaching the functionalized tip to the liquid head of the AFM. Each 
functionalized tip was used only once. 
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5.3.4  Bovine Serum Albumin coating (BSA) 
A 1% w/v solution of bovine serum albumin (BSA) (Sigma-Aldrich, UK) was 
used to coat the glass samples. Samples were immersed in 10 ml solution for 
30 minutes at room temperature prior to analysis. 
5.3.5  Scanning Electron Microscopy (SEM) 
Bacterial functionalized AFM tips were fixed with 2% glutaraldehyde for 2 hours, 
then dehydrated in alcohol solutions of progressive concentrations, 70, 90 and 
100 %. Each tip was gold coated using a sputter coater (Agar Model 109A, 
Stansted, Essex, UK), with a mixture of Gold and Palladium (80% and 20%, 
respectively) in Argon gas; all tips were exposed for 15 seconds, this was 
repeated four times to achieve an even coating. Once coated, the tips were 
transferred to the scanning electron microscope (SEM) sample holder, and 
imaged (XB1540, Carl Zeiss, Germany). 
5.3.6  Atomic Force Microscopy (AFM) 
Atomic Force Microscope (AFM) (XE-100 Advanced Scanning Probe 
Microscope (Park Systems, Korea) was used to analyse the surface roughness, 
surface topography and adhesion forces. 
5.3.6.1  Surface Topography Analyses 
Contact mode was employed for all AFM analysis; the micro-scale roughness 
was measured using scanned areas of 10 x 10 µm. Whereas areas of 2 x 2 µm 
were scanned for the nanoscale roughness. Images were obtained using a 
contact rectangular tip, CSG30 (NT-MDT, Russia), with reflective Au side, a 
spring constant of 3.3 N/m, tip height of 14 µm and a tip curvature radius of 10 
nm; each tip was calibrated using the Sader method (28). The scan parameters 
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used were as follows: resolution at 1024x1024; scan rate between 0.8 and 1.0 
Hz and applied load of 10 nN. For each glass sample, six replicate scans were 
made and the average surface roughness (Ra) determined.  
5.3.6.2  Adhesion forces measurements 
All adhesive force measurements were conducted in an open liquid cell made of 
polychlorofluoroethylene, PCTFE (Park Systems, Korea) using phosphate 
buffer solution (PBS) as the aqueous environment. In order to gain 
comprehensive data for the adhesive interactions of the given samples, the 
surface mapping feature of the AFM was employed with a tip functionalized with 
the chosen bacteria species. Using 2 x 2 µm scan size, 100 curves per area 
and three areas were scanned on separate occasions on each sample using 
three functionalized cantilever with three independent cultures of the same 
bacteria, therefore at least 300 curves were collected per glass sample and 
bacteria as well as control experiments. 
Retraction of the bacterial probe from a composite surface with and without 
BSA was done without delay (0 sec) in order to avoid possible bond 
strengthening. 
Scanning electron micrographs were taken at the end of the experiments to 
confirm that no visual damage occurred to the bacterial probe as results of the 
measurements; for this study no force–distance curves had to be discarded due 
to a damaged probe. 
 96 
5.3.7  Microbial Adhesion to Solvents (MATS) 
MATS protocol, a two phases partitioning assay, was developed by (29)  to 
determine physico-chemical properties of bacterial surfaces. The cell 
suspensions, prepared as previously described, were centrifuged for 10 minutes 
at 6037 × g (HERMLE centrifuge Z-383 K, LabPlant, Huddersfield, UK) at 4 ºC. 
Cells were washed with a NaCl (sodium chloride) solution (0.15 M) and 
centrifuged three more times. The final suspension was diluted with the same 
NaCl solution to a final cell concentration of about 108 CFU/ml. 2.0 ml of this cell 
suspension and 0.5 ml of one of the solvents (chloroform, hexadecane, ethyl-
acetate and decane (Sigma, UK) were vortexed together for 1 minute. The 
emulsion was left to stand for 15 minutes to allow the two phases to separate. 
The absorbance of the aqueous phase was evaluated at 450 nm with a 
spectrophotometer (UV-1201, Shimadzu (UK), Milton Keynes). The affinity of 
the bacterial species for each solvent was determined using the following 
equation:  
 (5-1) 
where A0 is the absorbance at 450 nm of the suspension before mixing and A is 
the absorbance of the suspension after mixing with one of the solvents. This 
protocol was carried out on cells that originated from four independent cultures 
and the results are presented as mean values ± standard deviation. 
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5.3.8  Contact angles and surface energy 
The surface energy components of the samples were determined using the 
thermodynamic approach, based on contact angle measurements (30). Three 
probe liquids, with different polarities, were used: distilled water, glycerol and 
hexadecane (Sigma Aldrich, UK). A drop of 5 l of each liquid was deposited on 
the sample and images were immediately recorded. Contact angles at both the 
right and the left side were measured using ImageJ (NIH, USA). The mean 
value of 10 readings was calculated for each sample and for each liquid. 
 
5.4  Results 
5.4.1  Surface Topography 
The roughness measurements at the macroscale level, measured using the 
profilometer, are shown in Table 5-1 demonstrating that glass sample A was the 
smoothest with an increase in roughness up to glass sample E, with Ra values 
of 100 nm and 6000 nm, respectively. 
All borosilicate glass samples were imaged to reveal the topography of their 
bare surface at the microscale level (Figure 5-1 and Figure 5-2) using a 10 x 10 
µm scan area, and at the nanoscale level (Figure 5-3 and Figure 5-4), 2 x 2 µm 
scan area. Samples were imaged again once coated with BSA (see 
supplementary material). From these images the average roughness (Ra) 
measurements were gained and presented in Table 5-1. 
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Table 5-1. Average roughness (Ra) measurements of each glass sample (A-E) 
at varying scales before and after BSA coating. 
Roughness 
Scale (nm) 
Glass Samples 
A B C D E 
Macro 100 500 1000 2500 6000 
Micro 0.250±0.12 20.00±0.05 34.6±0.15 56.10±0.12 94.40±0.54 
Nano 0.259±0.04 21.90±7.65 37.0±16.29 56.30±10.82 62.15±9.04 
Micro after 
BSA coating 
1.54±0.19 52.62±0.03 81.87±0.02 103.63±0.02 145.8±-0.02 
Nano after 
BSA coating 
1.35±0.57 3.04±-0.93 4.78±1.22 2.93±0.68 4.25±1.42 
 
 
At the microscale level glass, sample A was the smoothest (Ra = 0.250 nm); the 
Ra measurements gradually increased to the roughest sample, glass sample E, 
showing a Ra value of 94.4 nm. It can be seen that there is an obvious 
correlation between surface images (Figure 5-1) and Ra values (Table 5-1); 
both demonstrating a roughness pattern  Glass A < Glass B < Glass C < Glass 
D < Glass E. Similar observations could be made on the BSA coated glass 
samples at microscale level, demonstrating the same pattern in roughness of A 
< B < C < D < E; moreover Table 5-1 demonstrated Glass A was still the 
smoothest with Ra of 1.54 nm, whilst Glass E was the roughest at Ra of 145.88 
nm. 
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Figure 5-1. Microscale images of bare glass samples, A-E. 
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Figure 5-2. Microscale images of all glass samples A-E, coated with BSA. 
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Figure 5-3. Nanoscale images of all bare glass samples A-E. 
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Figure 5-4. Nanoscale images of all glass samples A-E coated with BSA. 
 
At the nanoscale level the pattern in roughness of sample A < B < C < D < E 
was maintained for the clean samples, but Ra values were closer to their 
corresponding microscale values for the smooth sample. After BSA coating the 
pattern of surface roughness was altered (Table 5-1) as sample C was rougher 
than D and E.  
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5.4.2  AFM tip functionalization 
In order to observe the positive functionalization of the AFM tips with bacteria, 
SEM was employed (Figure 5-5). It is clear from these images that 
functionalization of the tips was successful as cells are clustered on the AFM tip 
for each species of bacteria. 
5.4.3  Contact angles and surface energy parameters  
The contact angles for all three liquids on each glass sample are shown in 
Table 5-2. For water, the contact angle was lowest on glass sample A, almost 
half the value as glass samples B-E that had contact angles ranging between 
43 and 50o. The contact angles of glycerol demonstrated a slight increase from 
59o for glass sample A, with the other samples in the range of 61-67o. There 
was no change in the contact angle for hexadecane on any of the glass 
samples as this measurement remained at 4o. Contact angle measurements 
were also obtained for all glass samples coated with BSA and the result are 
shown in Table 5-3; there was a difference in contact angles of water that 
ranged between 3 and 5o after BSA was applied. No changes were noticed for 
the contact angles of glycerol and the same can be said regarding the 
measurements using hexadecane. 
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Figure 5-5. SEM images demonstrating bacterial attachement on an AFM tip: (i) 
S. epidermidis RP62a; (ii) S. epdermidisi ATCC12228; (iii) S. aureus; and (iv) S. 
mutants. 
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The contact angles were used to calculate the surface energy parameters of the 
samples that are given in Table 5-2 for uncoated glass samples and in Table 
5-3 for all BSA coated glass. Overall, there was little difference in the electron-
donor and electron-acceptor parameters (γAB), with a variation of a few mJ/m2. 
Also, the Lifshitz-Van der Waals surface free energy component (γLW) remained 
consistent throughout the glass samples at 27.2 mJ/m2. Due to these small 
variations, it is obvious that the total surface free energies for all untreated bare 
glass samples had little difference and was in the range 29-34 mJ/m2.  
 
Table 5-2. Contact angles of water ( ), glycerol ( ), hexadecane ( ) on 
borosilicate glass samples (mean ± standard deviation) and surface energy 
parameters. 
Sample    
 
(mJ/m
2
) 
 
(mJ/m
2
) 
 
(mJ/m
2
) 
 
(mJ/m
2
) 
 
(mJ/m
2
) 
A 27±4 59±7 4±1 27.2 0.1 72.4 5.4 32.5 
B 47±5 65±5 4±1 27.2 0.1 49.0 4.4 31.6 
C 50±2 68±7 4±1 27.2 0.0 48.0 1.4 28.5 
D 44±3 65±4 4±1 27.2 0.0 55.0 2.6 29.7 
E 43±5 62±3 4±1 27.2 0.2 52.0 6.9 34.1 
 
 
Similarly, once the BSA coating was applied to each glass sample, the Lifshitz-
Van der Waals surface energy component remained the same as previously 
w g h
w g h
LW
S

S

S
AB
S
TOT
S
 106 
stated for the bare glass sample at 27.2 mJ/m2. There was a slight increase in 
the electron-donor and electron acceptor parameter when compared to the bare 
glass; however, there was no significant change between samples with the 
range increasing slightly to 4.4-5.9 mJ/m2. Also, these calculations have shown 
a more consistent total surface free energy over all samples ranging from 31-33 
mJ/m2.  
Table 5-3. Contact angles of water ( ), glycerol ( ), hexadecane ( ) on 
BSA coated borosilicate glass samples (mean ± standard deviation) and 
surface energy parameters. 
Sample    
 
(mJ/m
2
) 
 
(mJ/m
2
) 
 
(mJ/m
2
) 
 
(mJ/m
2
) 
 
(mJ/m
2
) 
A 4±1 56±5 4±1 27.2 0.1 86.0 5.9 33.0 
B 3±2 51±4 4±1 27.2 0.5 79.0 4.4 31.5 
C 4±1 56±4 4±1 27.2 0.1 87.0 4.4 31.5 
D 4±1 56±3 4±1 27.2 0.1 85.8 5.9 33.0 
E 3±1 56±8 4±1 27.2 0.1 86.0 5.9 33.0 
 
5.4.4  Microbial Adhesion to Solvent (MATS) 
The results of the MATS analysis are given in Figure 5-6 and demonstrated that 
S. epidermidis RP62a had the highest affinity to both non-polar solvents i.e. 
hexadecane and decane (around 64%); S. epidermidis ATCC12228 also had 
high affinity for these non-polar solvents with values of 52% and 64% for 
hexadecane and decane, respectively. From this, it could be deduced that both 
S. epidermidis strains were more hydrophobic compared to the other bacterial 
w g h
w g h
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strains (S. aureus and S. mutants); with S. aureus having a relative affinity at 
around 40% for hexadecane and 48% for decane, whereas S. mutants had the 
lowest affinity for both non-polar solvents at around 8% for hexadecane and 
20% for decane; suggesting hydrophilic properties.  
 
Figure 5-6. Affinity towards solvents of bacteria (Microbial Adhesion to Solvents 
- MATS) 
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It is obvious that S. epidermidis RP62a demonstrated the greatest affinity 
towards chloroform (92%) suggesting that S. epidermidis RP62a had affinity 
towards electron acceptor materials, whilst the markedly lower affinity (4%) for 
ethyl acetate indicating low attraction to electron donor surfaces. This is also the 
case for S. epidermidis ATCC12228; however, S. aureus had a strong affinity 
for ethyl acetate (electron donor) (48%) and for chloroform (40%), therefore, this 
bacterium had a moderate attraction to either electron donor or acceptor 
materials. Instead, S. mutants had a relatively high affinity for chloroform (60%) 
and low for ethyl acetate demonstrating this bacterium has high affinity towards 
electron acceptor materials. 
5.4.5  Adhesion Force Measurements 
Cumulative distribution of the adhesion forces measured for each bacteria on all 
substrates are shown in Figure 5-7 and Figure 5-8. Almost in all cases these 
distribution did not appear to follow a Gaussian profile therefore, median values 
were extracted in order to make comparisons (Table 5-4 and Table 5-5). 
It was observed that S. mutants had the lowest adhesion force regardless of the 
roughness on uncoated glass surfaces in PBS (Figure 5-7). However, there was 
not a great difference in adhesion forces among S. epidermidis RP62a, S. 
epidermidis ATCC12228 and S. aureus to sample A with all having similar 
adhesion force of about 4-5 nN. S. epidermidis RP62a demonstrated the 
highest overall adhesion forces against the glass in PBS, with increasing 
adhesion with increasing surface roughness of the glass (Figure 5-7). 
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Figure 5-7. Cumulative distribution of adhesion force measurements of (a) S. 
aureus, (b) S. epidermidis ATCC12228, (c) S. epidermidis RP2a and (d) S. 
mutants against borosilicate glass in PBS. 
  A    B    C    D   E 
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Figure 5-8. Cumulative distribution of adhesion force measurements of (a) S. 
aureus, (b) S. epidermidis ATCC12228, (c) S. epidermidis RP2a and (d) S. 
mutants against BSA coated borosilicate glass. 
  A    B    C    D   E 
 
Also, S. epidermidis ATCC12228 had a similar pattern of adhesion forces 
increase with increasing roughness, although not reaching the same values as 
S. epidermidis RP62a; moreover, samples B and C had higher adhesive forces 
compared to their rougher counterparts D and E (Figure 5-7). Interestingly, the 
adhesion forces measured for S. aureus had little change over the range of 
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glass samples regardless of the topography. This was also similar for S. 
mutants on uncoated samples (Figure 5-7). 
 
Table 5-4. Median values of bacterial adhesion forces (nN) against clean glass 
samples. 
 
S. epidermidis  
RP62a 
S. epidermidis  
ATCC12228 
S. aureus S. mutants  
A 4.25 2.0 5.75 4.75 
B 4.2 7.6 9.25 2.5 
C 11.5 6.0 9.75 3.0 
D 17.5 4.6 10.5 3.2 
E 42 7.8 9.0 3.75 
 
 
Table 5-5. Median values of bacterial adhesion forces (nN) against BSA coated 
glass samples. 
 
S. epidermidis  
RP62a 
S. epidermidis  
ATCC12228 
S. aureus S. mutants  
A 2.75 1.5 2.75 0.75 
B 3.25 2.75 3.0 5.5 
C 4.0 6.0 1.5 12 
D 2.5 2.75 5.25 14 
E 6.25 5.5 1.25 24 
 
 112 
When BSA coating was applied to all glass samples, S. mutants had the 
greatest adhesion to glass surfaces sample C, D and E exhibiting median 
values of 24 nN (Figure 5-8). When considering the adhesion of all bacteria with 
BSA coated glass, there was not much difference in adhesion forces for S. 
epidermidis RP62a, as forces were much of an extent regardless of the surface 
of roughness (Figure 5-8). For S. epidermidis ATCC 12228, similar results were 
observed compared to uncoated samples with adhesion forces increasing with 
increasing roughness, however, sample C and E had similar adhesion (Figure 
5-8). 
Because of the altered pattern of roughness caused by the BSA coating (Table 
5-1), the possible influence of roughness on adhesion forces was studied 
through the coefficient of correlation (R2) between median adhesion force 
(Table 5-4 and Table 5-5) and surface roughness. The coefficients of 
correlations increased using surface roughness values obtained from the 
nanoscale level (scanned areas equal 2 x 2 µm); furthermore, BSA coated 
surfaces demonstrated greater R2 values when the actual roughness values 
(post BSA coating) were used (Table 5-6, Table 5-7 and Table 5-8). 
Interestingly, bacteria that demonstrated higher R2 values generally had greater 
adhesive forces; any negative R2 values on the rougher surfaces have lower 
adhesion forces. 
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Table 5-6. Coefficients of correlation (R2) for the bacteria adhesion forces in 
PBS against values of surface roughness obtained from varying scanned areas. 
 
S. epidermidis  
RP62a 
S. epidermidis  
ATCC12228 
S. aureus S. mutants  
correlation macro 0.995394 0.617702 0.446555 -0.01364 
correlation micro 0.98856 0.520074 0.387439 0.077206 
correlation nano 0.801811 0.701453 0.777379 -0.35493 
 
Table 5-7. Coefficients of correlation for the bacteria adhesion forces with BSA 
coated surface against values of surface roughness obtained from varying 
scanned areas before BSA deposition. 
 
S. epidermidis  
RP62a 
S. epidermidis  
ATCC12228 
S. aureus S. mutants  
correlation macro 0.755864 0.535618 -0.22737 0.941964 
correlation micro 0.688002 0.516285 -0.17544 0.935404 
correlation nano 0.458064 0.618088 0.029452 0.941385 
  
Table 5-8. Coefficients of correlation for the bacteria adhesion forces on BSA 
coated surface against values of surface roughness obtained from varying 
scanned areas after BSA deposition. 
 
 
S. epidermidis  
RP62a 
S. epidermidis  
ATCC12228 
S. aureus S. mutants  
correlation micro 0.626158 0.707773 -0.1518 0.98173 
correlation nano 0.611871 0.964164 -0.5494 0.722775 
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5.5  Discussion 
It was found in this study that the scanned area of the sample affects the value 
of the roughness parameter, for example, sample E had a roughness (Ra) of 
6000 nm at the macroscale that decreased at the microscale to 94 nm; this was 
further reduced at the nanoscale to 62 nm. The results showed that roughness 
parameters are scale dependent, such phenomenon had also been presented 
by Perni et al. (31, 32), who determined the roughness of photo-activated 
materials. This gradual decrease in the overall roughness parameter is 
important to consider when concerned with the contact area of bacteria and 
establishing correlation between adhesion forces and roughness. It is 
noteworthy to mention that the roughness measurements decreased 
significantly at the nanoscale once a BSA coating was applied; as sample E 
after BSA coating exhibited an Ra of just 4.2 nm.  
Adhesion can be considered as a multifaceted phenomenon, which involves a 
variety of aspects supplied by both contacting surfaces. Surface topography has 
been considered (33) an influential feature governing the extent of adhesion 
due to variations of the physicochemical nature of the surface (1). Bacteria, for 
example, are known to associate with a wide range of surfaces, natural or 
synthetic (5) mainly as a survival technique. An advantage of adhesion to a 
surface is the accumulation of nutrients (34-36); therefore, attaching to a 
surface has a positive effect compared to free floating (planktonic bacteria). 
Remarkably, the environment surrounding the bacteria and the nutrients will 
have an effect on the structure of the adhering microorganisms (35) thereby 
allowing for adaptation and flexibility to survive.  
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Although this strategy is beneficial for the bacteria in question, it can cause a 
number of problems in humans, for example, in biomaterials (prosthetic hip and 
knee joints), as well as vascular grafts and dental implants (2, 27, 34-36) as 
bacteria can induce adverse biological responses. Any surface in contact with 
biological fluids will become coated by a layer of the proteins present in the fluid 
in a very short period of time; therefore, the subsequent cell adhesion will occur 
on such coated surface and not on the original substrate (3, 6, 9). Despite 
reports of possible anti-biofilm formation properties of BSA (36), in order to 
mimic the presence of this layer, BSA is often used because of its biological 
relevance (17, 37, 38).  
Generally, in biofilm formation, the bacteria will produce EPS consisting of 
polysaccharides, proteins, nucleic acids and lipids (2, 39), this matrix has a 
protective function providing mechanical stability. It is this matrix that aids the 
resistance to antibiotics (2, 6), affecting the success or failure of implanted 
medical devices and causing endless, costly problems to the healthcare system 
as well as the patients (2). The main bacteria responsible for failures in implants 
are S. epidermidis ATCC12228, RP62a; S. aureus ATCC25923; and S. mutants 
(40-42) and for this reason they were selected for this work. 
Immobilization of cells on a support for imaging, or to prepare colloidal probes, 
inevitably induces some changes on the cells (26, 43). Protocols are based on 
different approaches, for example entrapment and covalently binding; each 
method presents advantages and disadvantages; for example, poly-L-lysine can 
have antimicrobial activity but it is simple and suitable for almost any type of 
cell, whilst the formation of covalent bonds between the cell and the substrate 
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leads to chemical changes of the cell surface (43). As demonstrated by Colville 
et al. (44), although cell adhering to poly-L-lysine coated substrate presented 
signs of stress, they remained for the majority viable when immersed in buffer. 
Despite the unavoidable variation in the colonization extent of the AFM 
cantilever, the results showed that the forces of adhesion across three 
cantilevers colonized, in different occasions, with cells originated from 
independent cultures exhibited little variation. This is likely to be the 
consequence of the fact that adhesion forces measurements are only 
influenced by the cells present on the tip and not by cells in other locations on 
the cantilever. 
Some of the variations in overall adhesion forces can be attributed to the 
bacterial strain (45, 46), which are the most common gram-positive pathogens. 
The opportunistic pathogen S. epidermidis often forms biofilms that enable the 
bacteria to colonize many medical devices, this is enabled by adhesion factors 
such as proteins and intracellular adhesion (42). However, S. epidermidis 
RP62A is a biofilm producing strain, yet the ATCC 12228 is a non-biofilm former 
(42), with a gene cluster associated with methicillin-resistant Staphylococcus 
aureus (MRSA). It has been noted that the difference between S. epidermidis 
and S. aureus is the lack of staphylococcal enterotoxins, leukocides, α-toxins, 
protein A and adherence factors in S. epidermidis (45), all of which aid in the 
survival and virulence of the strain. However, it is important to note that S. 
aureus tends to be more virulent than S. epidermidis due to its ability to acquire 
foreign DNA and enriched immune response (45). Most biofilms develop in 
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niches and cracks within implanted devices, but adhesion to the surfaces is also 
facilitated by the hydrophobic attraction and electrostatic repulsion (47). 
It has been highlighted that initial bacterial adhesion to a surface occurs at 
defects on the surface such as: cracks or grooves (45-48), this is due to the 
primitive survival instinct of bacteria as these points provide protection from 
external factors, such as shear forces (48). Also, the transition from reversible 
to irreversible adhesion is governed by these peaks and troughs on a surface 
(48), therefore, a rougher surface effectively increases the area available for 
adhesion to take place. However, the role of surface roughness on bacterial 
adhesion is still without general consensus; a possible reason for this is that, as 
we have shown in this work, the parameter indicating the roughness of a 
surface is scale dependent (25) and, consequently, the correlation between 
surface forces and Ra vary according to the size of the area scanned to 
calculate the roughness value. Additionally, on BSA coated surfaces, the value 
of roughness post-coating is different from the "nominal" value pre-coating; 
furthermore, the BSA coating was not a layer of perfectly uniform thickness as 
the pattern of surface roughness was altered the protein adsorption. All these 
phenomena contribute to the uncertainty regarding the effect of surface 
roughness and bacterial adhesion. Adhesion forces between two contacting 
bodies can be assumed to be the sum of all individual forces generated by the 
peaks in contact, hence the rougher a surface the higher the adhesion forces as 
more peaks are in contact. However, when the roughness of a surface is 
measured on a scale much bigger than the contacting object (in this work a 
bacteria cell), it is likely that the object could be smaller than the measured 
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peaks and thus no correlation between roughness and adhesion found. On the 
contrary, when surface roughness is measured on a scale comparable to the 
contacting object, an increase in roughness could result in higher adhesion 
forces as the contacting area between the two surfaces increases as shown by 
Verran et al. (49). Similar trends were found by Waerhaug (50) who 
demonstrated that roughening subgingival enamel increased the deposition of 
dental plaque. Also, the adhesion of bacterial cells on Titanium and polymer 
surfaces was promoted by the presence of nanoscale topographical features 
(51, 52). Moreover, the importance of the scale of the roughness on cell 
adhesion was highlighted by Taylor et al. (53) who found that a small increase 
in surface roughness resulted in a significant increase in bacterial adhesion 
while a large increase in surface roughness did not result in a very significant 
increase in adhesion. 
Adhesion forces between bacteria and substrates present both nonspecific and 
specific contributions, the latter specially when a protein coating is present on 
the surface (54); at the same time, when only non specific interactions are 
present, the adhesion forces are in the range of a few nN, whilst they are two to 
three times higher for specific interactions (54); adhesion could also be 
subjected to "bond maturation" (55), we have avoided this phenomenon 
measuring the adhesion forces without delay. Also, adhesion force between 
bacteria cells and substrates generally do not follow a normal distribution (55-
57) as in this work.  
The results showed adhesion forces mainly in the range of 4-5 nN for uncoated 
glass samples, corroborating previous results (58) apart from S. epidermidis 
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RP62a. Additionally, S. mutants on BSA coated had the highest adhesion 
forces reinforcing the role of this protein in Streptococci adhesion as found 
previously, despite the BSA non specific contribution to adhesion forces (55). 
Many bacteria possess MSCRAMMs (Microbial Surface Components 
Recognizing Adhesive Matrix Molecules) (59) that allow them specific 
interactions with fibronectin and not BSA, however, the latter remains a wide 
spread model protein for surface contamination and our work focused on the 
role of surface roughness on bacterial adhesion forces and how a protein layer 
on the surface could alter this through changes in surface roughness and 
surface energy of the substrate. The results showed that an increase of surface 
roughness resulted in an increase of adhesion forces mainly for S. epidermidis 
RP62a on clean glass samples and S. mutants on BSA coated samples; the 
latter trend found also for other Streptococci species (55). 
MATS compares the affinity of microbial cells towards varying organic solvents 
through a partitioning method (29, 30); the protocol requires four solvents: an 
electron donor, an electron acceptor and two non-polar solvents; chloroform 
was employed as the electron acceptor, ethyl-acetate as the electron donor, as 
well as hexadecane and decane as the non-polar solvents. A simple analogy, 
therefore, to understand the results is that if the cells affinity is greater towards 
the electron donor solvent than the non-polar solvent it can be concluded that 
the cell has electron acceptor characteristics and vice versa, i.e. if the cells 
affinity is higher for electron acceptor solvents compared to the non-polar 
solvents then the cell is said to have electron donor characteristics. Also, the 
hydrophobicity of the cell can be measured; the higher the affinity towards the 
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hydrophobic solvents i.e. hexadecane and decane, the higher the 
hydrophobicity of the cells surface. S. epidermidis RP62a and ATCC 12228 
both have a high affinity for hydrophobic surfaces, whereas S. aureus and S. 
mutants have more hydrophilic tendencies. These differences suggest and 
support the claim that certain characteristics of the cell surface such as: fatty 
acids govern bacteria surface properties (30, 60). 
S. epidermidis RP62a had the highest adhesion forces for bare glass and also 
exhibited an electron donor surfaces as well as the highest affinity towards 
hydrophobic materials. However, after BSA coating was applied to the glass, S. 
mutants exhibited the highest adhesion forces; this bacterium demonstrated 
affinity towards hydrophilic surfaces; these considerations match the results of 
contact angles of uncoated and BSA coated samples (Table 5-3) that showed 
more hydrophilic surfaces after protein deposition (lower contact angles of water 
on glass samples after BSA coating). 
The glass samples exhibited strong electron donor behaviour (high γ-), whilst 
only S. aureus presented high affinity towards electron donor solvents. It 
appears, therefore, that Lewis acid-base interactions did not play a significant 
role in bacteria adhesion forces to glass substrates; the negligible role of Lewis 
acid-base interactions in bacterial adhesion was also found in other works (30, 
61).  
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5.6  Conclusions 
The surface topography has a crucial role in the adhesion phenomena between 
bacterial cells and substrates in the biofilm formation process. Not only is the 
bare surface a consideration, but also the fact that proteins will form a 
conditioning layer on the surface within seconds. This protein layer can 
effectively mask the real surface and determine the overall adhesion that takes 
place due to the alterations in the surface chemistry such as hydrophobicity. 
This investigation, therefore, demonstrates that surface roughness is a critical 
factor influencing the extent of adhesion forces between glass substrates and 
bacteria. Furthermore, in virtue of being a scale dependent parameter, better 
correlations between adhesion forces and surface roughness measurements 
were obtained when roughness parameters (Ra) were determined from areas 
with sizes comparable to bacterial cells. 
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6.1  Abstract  
Bone cells are often reported as being damaged by inflammatory responses 
due to wear particles originating from total joint replacement implants. 
Generally, investigations on nanoparticles influence on mammalian cells are 
focused on the assessment of cell viability, cytokines release and gene up/down 
regulation. However, cell nanomechanical properties such as elasticity and 
turgor pressure have been shown to be involved in biological responses to both 
chemical and physical cues and therefore, wear particles induced changes in 
cell mechanical properties, could lead to further understanding of interactions 
between cells and nanoparticles.  
Mesenchymal stem cells (MSCs) elasticity and turgidity were investigated when 
exposed to Cobalt and Titanium nanoparticles of different sizes for up to 3 days. 
AFM nanoindentation was carried out on multiple locations on each cell to 
determine the spatial variation of the mechanical properties whilst viability was 
assessed using flowcytometry and MTT assay. The results demonstrated that 
cells exposed to increasing concentrations of nanoparticles had a lower value of 
elasticity and spring constant without significant effect on cell metabolic activity 
and viability as shown by MTT assay and flowcytometry. Cobalt induced greater 
effect than Titanium and this is consistent with the general knowledge of 
cytocompatibility of the latter. Moreover, lower elasticity is physiologically linked 
to a lower turgor pressure as cells can sustain only small size variations, in 
response to osmotic pressure changes, without irreversible damage. 
This work demonstrates for the first time that metal nanoparticles do not only 
influence cell enzyme activity but also cell structure; however, they do not result 
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in full membrane damage. Furthermore, the mechanical changes are 
concentration and particles composition dependent but little influence by the 
particle size. 
 
6.2  Introduction 
It is now widely accepted that cells physically interact with their surrounding in 
multiple ways and that these mechanical cues can be as important as 
biochemical ones. Cells are sensitive to forces, stiffness and adhesion [1] such 
as the stresses (forces) and strains (deformation) of their environment [1, 2]; 
therefore, cells can respond to internal as well as external forces, for example, 
detecting the mechanics of interacting substrates will generate internal forces 
which depend on the mechanical properties of the cell [3]. 
These mechanical properties of cells have been of interest [2, 4] in the 
understanding of certain pathological disorders including cancer, osteoporosis, 
atherosclerosis, and osteoarthritis [3]. As these stresses and strains exerted on 
cells can generate signals similar to chemical stimuli which initiates cell growth, 
promoting cell survival and differentiation, as well as apoptosis [1]. This is of 
particular interest when considering bone cells and its behaviour as a result of 
exposure to wear particles.  
Articulating surfaces of medical implants, resulting from total joint replacement 
surgeries, generate a large number of particles (macro, micro and nano sizes) 
as a result of wear process over time [5]. Wear particles originate from the 
relative motion of two contacting surfaces under loading [5]. The smaller the 
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particle, the greater its surface area relative to its volume and thus the greater 
its physical interaction and chemical reactivity. Damage from wear can directly 
affect the implanted device causing loss of tolerance, friction and therefore the 
expected longevity of the device is minimised  [6].  
On the other hand, wear  particles also initiate an immune response inducing 
aseptic loosening, and osteolysis [6-8] which disrupts the integrity of the implant 
and bone surface [6]. Wear particles-induced osteolysis is the principal cause of 
aseptic loosening. The cellular mechanism of the response to wear particles 
involves macrophages, monocytes, osteoblasts, and osteoclasts cells [9, 10]. 
Osteolysis is a result of an inflammatory response to these foreign particles 
activating macrophage defence mechanism in the periprosthetic tissues and the 
surrounding joint replacement [8]. The issues highlighted have an inherent 
affect disrupting the normal bone remodelling process and implant acceptance 
[11, 12].   Disruptions commonly occur due to the uptake of nano-sized metal 
particles to surrounding cells which are biologically active causing greater 
inflammation, DNA and chromosome damage, cytokine release and cytotoxicity 
in cells than their micro-sized counterparts [8, 13-15]; and has been recognised 
as a current problem in orthopaedic implants as metal-on-polyethylene and 
metal-on-metal (MoM) implants generate large numbers of particles (such as 
Cobalt chromium, Titanium, and polyethylene) [12, 16, 17]. These particles tend 
to be in the size range that appeal to macrophages during phagocytosis [12], 
resulting in inflammatory cell response thereby often causing aseptic loosening 
of the implant. Osteoprogenitor cells have been implicated as another target in 
particle-mediated osteolysis [18-26]. Multipotent mesenchymal stem cells 
 131 
(MSCs) in trabecular bone [27-29] and adjacent to implants have 
osteoprogenitor activities and are critical contributors to maintaining osseous 
tissue integrity. Perturbation of MSC osteogenic activity may thus affect bony 
ingrowth and interface stability, leading to increased risk of loosening.  
While many studies have focused on the effect of particles on macrophages 
[30] or osteoprogenitor cells [18-20], in terms of reduced osteogenic 
differentiation, proliferation and enhanced apoptosis; differential and combined 
effects of cell mechanical properties after exposure to wear particles  have not 
been  studied. The function of a cell is closely linked to its structure [31]. The 
cell cytoskeleton, to a large extent, is responsible for the structural and 
mechanical integrity of cells and takes an active role in signalling pathways (i.e. 
mechanotransduction). Thus, any changes in the cell structure will result in 
changes to the mechanical properties of the cell and consequently its 
functionality. Hence, the ability to measure mechanical properties of cells at 
different levels, in particular the nano-level, might be considered a powerful 
method to assess cell and tissue functionality. Recently, there has been a 
significant increase in number of studies investigating mechanical properties of 
cell/tissue. Investigations of the impact of diverse physiological conditions on 
the mechanical properties of various cells, expressed mainly as stiffness, and 
quantified by the Young's modulus have given us a new understanding of the 
cell; leading to discoveries of complex pathways that govern cell responses and 
functionality [31-37]. 
In this study, we hypothesised that exposure to Cobalt and Titanium 
nanoparticles will modify MSC cells nanomechanical and adhesive properties.  
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Therefore, the aim of this study was to directly quantify the elasticity, turgidity 
and adhesiveness of MSCs after exposure for different periods of time to Cobalt 
and Titanium nanoparticles of various compositions, sizes and charges 
employing advanced AFM techniques. The findings from cell nanomechanical 
and adhesive properties also were supported by cells viability and metabolic 
activity studies. 
   
6.3  Materials and Methods 
6.3.1  Cell Culture 
28 days old, male Wistar rats were obtained from the colony maintained by 
Charles River European Suppliers (Charles River UK Ltd., Kent, UK). The 
animals were housed with free access to water and were maintained with 
treatment and care protocols conformed to UK Animals (Scientific Procedures) 
Act 1986, in accordance to the European Convention for the Protection of 
Vertebrate Animals Used for Experimental and Other Scientific Purposes 
(Strasbourg, Council of Europe). Bone marrow stem cells were isolated from 
rat femur and humerus, using plastic adherence [38], followed by fibronectin 
adherence techniques [39]. After 7 days, merged colonies were expanded 
(passage 0). This study was conducted on cells obtained from early population 
doubling level.  
The cells were routinely cultured in α-MEM (Minimum Essential Medium) (Life 
Technologies), supplemented with 20% (v/v) FBS (Foetal Bovine Serum), 1% 
(v/v) of solution penicillin (5000 U/mL) and streptomycin (5000 mg/mL) (Gibco 
Invitrogen) and 1% (v/v) of L-ascorbic acid 2-phosphate solution at 50 mg/ml 
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(Sigma, UK). Accutase (Gibco Invitrogen) was used when cells were 70% 
confluent in order to passage and count. The cells were maintained at 37° C in 
a humidified atmosphere containing 5% CO2.  
For atomic force microscopy experiments, cells were seeded in 24-well plates at 
a density of 6000 cells per well and cultured for 24 hours on sterilised 
polystyrene slides placed inside the well before exposure to nanoparticles. For 
each type of nanoparticles a stock solution of the nanoparticles suspended in 
culture media was prepared at 5 mg/ml and appropriate amount was added to 
each well to reach final concentrations of 5; 12.5; 25 and 50 µg/ml and 
incubated from 24h up to 3 days. Control samples consisting of cells not 
exposed to nanoparticles and cultured in the same conditions were used for 
comparison with treated cells. 
For the MTT assay, flowcytometry and cell uptake experiments cells were 
cultured as described above. 
6.3.2  Nanoparticles 
Commercially available nanoparticles were obtained of various sizes and 
compositions from Sigma Aldrich, UK. For Cobalt (Co) nanoparticles (NPs), two 
samples were employed:  
 Co elemental, 30nm diameter (referred as ‘Co 30nm’ throughout the 
text);  
 Co (II,III) oxide, 50nm diameter (referred as ‘Co 50nm’ throughout the 
text).  
Three samples of Titanium (Ti) were employed:  
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 Ti elemental, 30nm diameter; 
 Ti (IV) oxide anatase, 25nm diameter; and  
 mixture of Ti (IV) oxide rutile and anatase, 100nm diameter  
They are referred to as ‘Ti 30nm’, ‘Ti 25nm’ and ‘Ti 100nm’, respectively, 
throughout the text.  
All nanoparticles were weighed and suspended in α-MEM medium to make a 
stock suspension of nanoparticles of 5mg/ml. From this stock solution, a 
number of nanoparticles concentrations (5µg/ml; 12.5 µg/ml; 25 µg/ml and 50 
µg/ml) were prepared.  
6.3.3  Metabolic activity assay 
MTT (3-(4,5-dimethythiazol-2yl)-2,5-diphenyltetrazolium bromide) assay was 
used to determine the effects of the metal nanoparticles on MSCs viability. It is 
a colorimetric assay of cell viability and depends on the metabolic activity of the 
cell as rapidly dividing cells exhibit high rates of MTT reduction. Cells were 
initially cultured and exposed to nanoparticles as stated above in a 24-wells 
plate; after the chosen exposure to nanoparticles, the media was replaced with 
phenol red-free medium and 80 µl of MTT stock solution (5mg/ml) was added to 
each well and incubated at 37oC in humidified atmosphere containing 5% CO2 
for 2 hour. The metabolised MTT, formazan, was re-suspended with 800 µl of 
dimethyl sulfoxide (DMSO). 200 µl were transferred to a 96-well plate 
absorbance at 560nm was read using a spectrophotometer (ELISA Reader 
Labtech LT-5000MS). All experiments were performed in triplicates with each 
concentration (5, 12.5, 25 and 50 µg/ml) as well as a control sample of cell 
suspension not exposed to nanoparticles (untreated cells).  
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6.3.4  Flow Cytometry 
Viability of MSC after exposure to nanoparticles was determined using 
LIVE/DEAD® Viability/Cytotoxicity Kit, for mammalian cells (Life Technology, 
UK) through flow cytometry (BD FACSVerseTM ). Two fluorescent stains were 
used: calcein-AM (Excitation 480nm / Emission 520nm) and ethidium 
homodimer-1 (Excitation 520nm / Emission 615nm); the former returns green 
fluorescence when interacting with living cells; whilst the latter binds to nucleic 
acids with red fluorescence only through the compromised membrane as it is 
cell impermeant.  
BD FACSVerseTM was used, with the following red (640nm), blue (488nm) and 
violet (405nm) lasers and appropriate filters for the chosen dyes. Cells were 
prepared as described above and after the chosen exposure time elapsed; cells 
were washed with PBS and trypsinised then re-suspended in sterile PBS. 1 ml 
of this cell suspension was placed into an Eppendorf and centrifuged at 24 0C, 
for 5 minutes at 1800 rpm (363 x g). The supernatant was removed and the 
pellet of cells in the Eppendorf was resuspended in PBS. 7 l of both dye 
solutions, prepared as manufactured recommended were added; then cells 
were vortexed and left for at least 15 minutes in the dark; after 15 minutes the 
samples were again centrifuged. Post this centrifugation, the supernatant was 
removed and the cells re-suspended in PBS, all samples were transferred to 
FACS tubes prior to sampling. Data collected were then analysed using FlowJo 
software (LLC, Data Analysis Software, Oregon, USA) to generate four 
quadrant plots. A gating application is first required to select the cells of interest 
from the forward and side scatter plot, from this, axis are altered according to 
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the desired plots and the quadrant application is then selected. These 
quadrants indicate population fractions of cells that are alive, injured and dead 
which were calculated according to the distributions in the quadrants. 
6.3.5  Zeta potential and size of particles measurements 
Particles size was measured through dynamic light scattering (DLS), zeta 
potential of nanoparticles was measured using laser doppler micro-
electrophoresis which calculates the electrophoretic mobility to evaluate the 
zeta potential. Both characterisations were carried out using Malvern Zetasizer 
Nano ZS Nano series (Malvern, UK). All measurements were performed on Ti 
or Co nanoparticles suspensions at 5 µg/ml prepared from a stock solution of 5 
mg/ml. 
6.3.5.1  Cell nanomechanical property measurements 
All AFM force measurements were conducted in an open liquid cell as 
described in [34], using PBS as the aqueous phase. A triangular tipless 
cantilever (Bruker, UK) with a nominal spring constants (Kcantilever) of 0.1 N/m 
was used; the actual spring constant of the AFM cantilever was determined 
using the Sader method [35, 36]. Borosilicate glass beads (10 m in diameter) 
were glued onto the cantilever and served as cell indentors. In order to prevent 
indentations depth greater than 400-500 nm, the maximum applied load was 
set, after preliminary tests, to 1 nN or 2 nN depending on the samples. At least 
15 cells were analysed for each sample, at each concentration of particles and 
at each time point (24, 48, and 72 hours). Cells were first located and then at 
least 20 approaching and retracting z-piezo coordinates vs. deflection curves 
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were extracted from randomly selected points on the surface of each cell 
avoiding the peri-nuclear region. Experiments were performed in triplicates. 
6.3.5.2  Cell elasticity and spring constant determination 
The approaching part (trace) of the AFM curves was used to calculate the 
nanomechanical properties of the cells. The Young modulus of the cell surface 
location under investigation was determined fitting the Hertz model (Eq. 6-1) to 
the first part of the indentation vs. force curve after contact between AFM tip 
and cell surface. 
 
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E
  
3
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 =F 

R  (6-1) 
Where: 
F = force recorded by AFM 
E = Young modulus 
R=  radius of the spherical indentor (5 m) 
 = Poisson ratio (assumed 0.5) 
 = indentation depth 
 
The spring constant of the cell surface in the location probed was determined 
through the slope of the curve after the Hertzian regime according to: 
b =F k  (6-2) 
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Where: 
F = force recorded by AFM 
Kb = spring constant of the cell 
 = indentation depth 
 
Both models require the determination of the separation between cell surface 
and AFM tip (), this was calculated from the coordinates (z-piezo) of the trace 
curve assuming that the point of contact corresponded to the local minimum of 
force; from this: 
cantdzz  0  (6-3) 
Where: 
z0 =  z-piezo value of the minimum of the trace curve 
z =  z-piezo value of the trace curve 
dcant =  cantilever deflection 
 = indentation depth 
 
and 
cantCantilever dKF    (6-4) 
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6.3.5.3  Cell Adhesion force 
The adhesion forces between a cell and AFM tip were determined as the 
minimum value of the retracting (retrace) part of the AFM curve. 
6.3.6  Cell metal uptake quantification 
Quantification of the cells uptake of the metal nanoparticles was gained by 
using inductively coupled plasma-mass spectroscopy (ICP-MS). MSCs were 
grown and exposed to the nanoparticles according to procedure described in 
section 6.3.1 “Cell Culture”. At the 24 hour period, all media was removed from 
each well, cells were washed twice with sterile PBS, and 500μl of sub-boiled 
nitric acid (1:1) was added to each well. The 24-well plate was then placed in an 
incubator for 24 hours at 60°C in order to digest the cells. After 24 hours in the 
incubator, from each well 400μl of the solution was transferred into a 15 ml 
polypropylene tube and filled to a total volume of 8 ml with Milli-Q water. ICP-
MS analysis was carried out at sample rate of 1.5ml/min and at characteristic 
wavelengths of 288.616 nm and 334.940 nm for Cobalt and Titanium ion 
determination respectively on the Optima 2100DV OES (Perkin Elmer, 
Waltham, MA, USA) against the Primar 28 element standard. 
All experiments were performed independently at least 3 times, and each 
experiment comprised 3 parallel samples. Results are given as mean ± 
standard deviation. 
6.3.7  Statistical analysis 
Comparison of the effect of Ti and Co nanoparticles on mechanical properties of 
MSCs was performed through ANOVA test followed by Tukey’s post hoc test 
individual pairs of data sets (p<0.05). Adhesion forces were compared using the 
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Kruskal-Wallis test followed by post hoc Dunn’s with a test for individual pairs of 
data sets. Statistical analysis was performed using SPSS.   
6.4  Results 
6.4.1  Size and Charge of nanoparticles 
The zeta potentials of nanoparticles in growth media are shown in Table 6-1 
along with the pH of each suspension. For all nanoparticles, zeta potentials 
were negative and Titanium elemental 30nm particles exhibited the lowest 
negative charge of -44mV, whilst TiO2 100 nm and 25 nm had the same value 
(p<0.05). Cobalt elemental 25nm and Cobalt oxide (50 nm) had the least 
negative value at about -20mV and no statistical difference between them 
(p<0.05).  
Sizes of nanoparticles did not differ greatly from those stated by the 
manufacturer i.e. they were consistent. 
 
Table 6-1. Zeta potential of nanoparticles employed and pH of MSC media 
solution containing them. 
Particles pH Zeta Potential (mV) Size (nm) 
Co 30nm 8.33 -19.4±1.0 27.3±2.1 
CoO2 50nm 7.19 -20.4±0.8 49.3±0.6 
Ti 30nm 7.07 -44.7±1.9 27.7±3.5 
TiO2 100nm 7.15 -28.9±1.7 99.0±2.6 
TiO2 25nm 7.16 -26.8±0.5 27.7±2.3 
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6.4.2  Metabolic activity 
MSC metabolic activity, as assessed through MTT, declined with time over a 
period of 72 hours regardless of nanoparticle exposure as the control metabolic 
activity also reduced with time from 1.5 OD to around 1.0 OD (Figure 6-1 and 
Figure 6-2). 
After 24 hours  of exposure at each of the concentration tested, Titanium 100nm 
had the greatest impact on the metabolic activity and Ti 30nm also reduced the 
viability greater than Ti 25nm (Figure 6-1); furthermore the effect was 
monotonically growing with growing concentrations.  
However, after 48hours Ti 25nm demonstrates a significant impact on the 
overall metabolic activity of the cells compared to Ti 30nm and Ti 100nm. The 
effect was also concentration dependent, but at the lowest concentration tested 
was not statistically different when compared to MSCs not exposed to 
nanoparticles. Titanium nanoparticles decreased the cell metabolic activity at 
concentrations greater than 12.5 g/ml (Figure 6-1) irrespectively of the 
particles size. Only after 48 hours of exposure the size had an impact on cells 
viability; the smallest (30 nm) nanoparticles gave the lowest viability and the 
largest (100 nm) are the highest.  
After 72 hours in contact with Ti nanoparticles, MSCs had the same metabolic 
activity as the cells not exposed to such particles (p>0.05). 
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Figure 6-1. MTT results of MSCs exposed to Titanium nanoparticles for (a) 24h, 
(b) 48 h and (c) 72 h.     
        Control          Ti 30 nm         Ti 25 nm      Ti 100 nm   
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Figure 6-2. MTT results of MSCs exposed to Cobalt nanoparticles for (a) 24h, 
(b) 48 h and (c) 72 h.          Control             Co 30 nm        Co 50 nm 
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 Figure 6-3. Viability of MSCs exposed to Titanium nanoparticles for (a) 24h, (b) 
48 h and (c) 72 h.            alive     injured  dead               
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 Figure 6-4. Viability of MSCs exposed to Cobalt nanoparticles for (a) 24h, (b) 
48 h and (c) 72 h.       alive     injured     dead              
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Particles of elemental Co 30nm had a lower value of viability compared to the 
bigger Co oxide 50nm particles  after exposure for 24 hour at concentrations 
higher than 25 g/ml (p<0.05) (Figure 6-2). Moreover, the concentration of both 
types of nanoparticles did not influence the metabolic activity over the range 
tested (p>0.05). The same was observed after 48 hours for Co 30nm and for Co 
50nm at concentrations greater than 12.5 g/ml. Similar to case with Ti 
nanoparticles, MSCs had the same metabolic activity, as the cells not exposed 
to Co nanoparticles after contact for 72 hours regardless of the size, 
concentration and composition (p>0.05). 
 
6.5  Cell structural integrity 
Evidence that the cell membrane integrity was not compromised by any type 
(composition and size) of nanoparticles, regardless of the concentration, could 
be seen from the results of flow cytometry ( Figure 6-3 and Figure 6-4). These 
demonstrate that the cell population was almost entirely comprised by cells 
exhibiting high green fluorescence, related to calcein AM uptake, and low red 
fluorescence, related to ethidium homodimer-1, at any exposure time for any of 
the particles tested. 
6.5.1  Nanomechanical properties 
Cell elasticity and turgidity were estimated through modelling the two parts of 
the AFM indentation curve (Figure 6-5). The initial part of the indentation 
followed the Hertz model, whilst with greater indentation the force vs. 
indentation curve appeared linear.  
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Figure 6-5. Examples of MSCs indentation curve for MSC not exposed to 
nanoparticles after 24h incubation (               ).  
                  Hertz model fitting                         Hooke model fitting. 
 
The distribution of the MSC nanomechanical properties (elasticity and spring 
constant) were normally distributed. The elasticity of MSCs not exposed to 
nanoparticles after 24 hours was about 20 kPa and decreased to about 15 kPa 
after 2 days and about 10 kPa after 3 days. 
MSCs generally exhibited a decrease in elasticity (E) as the concentration of all 
nanoparticles tested increased, even the smallest concentration of 5g/ml had 
a significant effect on the cell elasticity (Figure 6-6 and Figure 6-7). Moreover, 
 148 
no difference was recorded at concentration greater than 25g/ml (p>0.05). 
Elasticity did not change significantly with time for the control sample and for the 
MSC exposed to nanoparticles (p>0.05). The size and chemical composition 
(elemental or oxide) of Co nanoparticles did not impact on the cell elasticity 
(Figure 6-7). Elemental Titanium caused a smaller reduction of the cell elasticity 
than TiO2 particles (irrespectively of the size) only at the lowest concentration 
examined (Figure 6-6). Furthermore, MSC exposed to Titanium had higher 
elasticity than those treated with Cobalt (p<0.05). 
The turgidity (P0) of MSCs not exposed to nanoparticles decreased slightly with 
time from ~0.6 to ~0.4 kPa. When MSCs were exposed to Titanium 
nanoparticles ( 
Figure 6-8), either the composition (elemental Ti or Titanium oxide) or the 
concentrations had a significant effect compared to the control samples 
(p>0.05). Similar behaviour was recorded for Cobalt nanoparticles but the 
overall cell stiffness was smaller than for the samples in contact with Titanium 
(Figure 6-9). 
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Figure 6-6. Mean cell elasticity of MSCs exposed to Titanium nanoparticles for 
(a) 24h, (b) 48 h and (c) 72 h.            Control          Ti 30 nm         Ti 25 nm    
  Ti 100 nm   
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Figure 6-7. Mean cell elasticity of MSCs exposed to Cobalt nanoparticles for (a) 
24h, (b) 48 h and (c) 72 h.             Control             Co 30 nm        Co 50 nm 
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Figure 6-8. Mean turgidity of MSCs exposed to Titanium nanoparticles for (a) 
24h, (b) 48 h and (c) 72 h. 
    Control          Ti 30 nm         Ti 25 nm      Ti 100 nm   
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Figure 6-9. Mean turgidity of MSCs exposed to Cobalt nanoparticles for (a) 24h, 
(b) 48 h and (c) 72 h           Control             Co 30 nm        Co 50 nm 
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6.5.2  Metal uptake 
Greater uptake was recorded with increasing concentration; increasing 
exposure time resulted in higher uptake for lower nanoparticles concentration 
(Figure 6-10 and Figure 6-11), the composition of the particles seemed to be 
more important than the size as Ti 25 and 100 nm had similar uptakes while Ti 
30 nm had generally lower metal uptake. 
Similarly with Co uptake increased with increasing concentration and over time 
again with the greatest uptake reached after 48 hours; additionally Co 50nm 
demonstrated the highest uptake at each time point and concentrations 
(p<0.05). 
6.5.3  Cell adhesion forces 
Generally, MSC exposed either to both types of Co and Ti nanoparticles or not 
exposed to any nanoparticles exhibited a spatial distribution of the adhesion 
forces on the cell surface that did not follow a Gaussian distribution (Figure 6-12 
and Figure 6-13). No variation in the adhesion forces was detected for the 
control samples with increasing time; the median was in all 3 cases about 0.9 
nN.  
Ti nanoparticles generally did not cause variation in the adhesion forces of 
MSCs for exposure up to 2 days regardless of the size and composition (Figure 
6-12) as the distributions of forces were not significantly different from the 
respective control. Instead, after 3 days of exposure to any of the Ti 
nanoparticles tested, MSCs exhibited smaller adhesion forces that MSCs that 
were not exposed to Ti nanoparticles even at the lowest concentration used in 
this work. 
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Figure 6-10. Metal uptake of MSCs exposed to Titanium nanoparticles at 
different concentrations for            24 h                  48 h               72h.  
(a) Ti 25 nm, (b) Ti 30 nm and (c) Ti 100 nm. 
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Figure 6-11. Metal uptake of MSCs exposed to Cobalt nanoparticles at different 
concentrations for         24 h                  48 h                    72h.  
(a) Co 30 nm and (b) Co 50 nm. 
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For Cobalt nanoparticles (Figure 6-13) after 24 hours exposure there was not 
much difference in the lower quartiles, however, there was a general decrease 
in mean adhesion values with increasing concentration with the lowest value at 
25 g/ml for both Co 30nm and Co 50nm. Furthermore, the distribution of 
adhesion forces was narrower for the two greatest concentration of 
nanoparticles tested. After 48 hours, the range of adhesion decreased for the 
control but the median remained almost unchanged. Largely, there was a 
decrease in overall adhesion with increasing concentration similarly to that at 24 
hours. However, Co 50nm increased in adhesion at 50 g/ml; and unlike 24 
hours, Co 50nm had a smaller range of adhesion compared to Co 30nm except 
for the highest concentration. MSCs exposed for 72 hours a similar pattern was 
observed for the overall adhesion forces that as the concentration of 
nanoparticles increased the adhesion decreased.  
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Figure 6-12. Adhesion force distribution of MSC cells exposed to Titanium 
nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.  
control   Ti 25nm    Ti30nm     Ti 100nm  
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Figure 6-13. Adhesion force distribution of MSC cells exposed to Cobalt 
nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.       
          Control             Co 30nm             Co 50 nm 
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6.6  Discussion 
The replacement of a damaged joint with an arthroplasty device (i.e. hip or knee 
replacement) is a procedure performed in a growing number of cases; one of 
the leading causes of implant failure is the aseptic loosening caused by the 
wear debris formed during the device life cycle. During the wear process, 
particles with a wide range of sizes are generated. It has been found that nano 
sized particles are the most dangerous ones due to their increase free radicals 
production and chromosomal damage [15]. Arthroplasty devices can be made 
from ceramic, metal or plastic materials. Titanium, Cobalt and their oxides are 
the common materials used, the size, composition and concentration range of 
the wear particles resulting from these devices have been determined from 
retrieval studies and found to be around 50 nm for Co and up to few hundreds 
nanometers for Ti [47]; therefore the particles used in this study are a good 
model to study the effect of wear debris produced by joint replacement devices.   
This work considered the physico-chemical surface parameters of the 
nanoparticles (such as: particle size and charge), and material (particle 
chemical composition and its nature) on nanomechanical and adhesive 
properties of MSCs. Chemical composition and size of metal debris have been 
found to vary through in-vivo studies; these are important parameters to 
consider when assessing information from in-vitro studies [48-50].  A number of 
studies [51-53] showed nano-sized metal particles  decrease viability of MSCs. 
Cell proliferation and differentiation are affected by the size, shape and 
chemical composition of the wear particles [47]. Charges of the particles can be 
influenced by their environment [54, 55]; as Hahn et al (2012) explained, 
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proteins such as bovine serum albumin adsorb onto the surface of 
nanoparticles via amino acid groups, for example cysteine [54]. After 
nanoparticles are coated with such proteins naturally occurring in blood or other 
body fluids, nanoparticles stabilised and exhibit different zeta potentials 
compared to the original nanoparticles [54]. The negative zeta potential found in 
this study, that is the opposite of the positive charge of metal element is in line 
with many other works [55],[54] and a consequence of the protein adsorption 
onto the nanoparticles. 
MSCs are cells which possess self-renewal and multi-lineage differentiation 
capacities [56-58]. These non-hematopoietic stem cells may differentiate into 
tissues such as adipocytes, osteoblasts, chondrocytes, tenocytes, skeletal 
myocytes and visceral stromal cells [58]; therefore there are many potential 
therapeutic applications associated with MSCs, for example to treat conditions 
such as osteogenesis imperfacta; and myocardial infarction [59]. Stem cells are 
important in bone development and they are present in the early stages of total 
joint arthoplasty  [11] help form new bone; then it is clearly significant to 
understand if the implanted device has any influence over these cells and if so, 
whether this would affect the longevity of the biomedical implant and the 
surrounding bone and tissue. MSCs in trabecular bone [28, 29] and adjacent to 
implants have osteoprogenitor activities and are critical contributors to 
maintaining osseous tissue integrity. Perturbation of MSC osteogenic activity 
may thus affect bony ingrowth and interface stability, leading to increased risk of 
loosening. It has been observed that exposure to metal wear particles results in 
reduced osteogenic differentiation and proliferation, and enhanced apoptosis in 
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human MSCs [18-20]. Endocytosis of Titanium or Cobalt particles is a possible 
mode of wear particles action on MSCs, which has been previously shown to be 
necessary for the observed effects on these cells after exposure to these 
particles [60, 61]. Phalloidin staining revealed that MSCs that have endocytosed 
Titanium particles display a reduced and highly disrupted cytoskeletal 
architecture, supported by the irregular distribution and pattern of adherent 
junctions and concomitant reduction of -actin expression. Cytoskeletal 
disruption is thus a likely cause of the inhibition of cellular functions, although 
the exact mechanisms remain to be analysed [20]. Haleem-Smith et al. 2012 
[53] investigated the mechanistic aspects of the endocytosis-mediated 
responses of MSCs to Titanium particulates. Dose-dependent effects were 
observed on cell viability, with doses >300 Titanium particles/cell resulting in 
drastic cell death. To maintain cell viability and analyze particle-induced effects, 
doses <300 particles/cell were used. Disruptions in cytoskeletal and adherens 
junction organization were also observed in Titanium particles-treated MSCs 
[53]. Concentrations of up to 105 NP/cell of Titanium nanoparticles were used 
(assuming each particle is perfect sphere) and did not detect significant 
impacts; however, in both these studies particles with a median diameter larger 
than those used here (in the latter about 400 nm, in the former appeared 
microsize). The lower metabolic activity of cells after exposure to Cobalt 
nanoparticles we observed (Figure 6-2) has also been presented by Schröck et 
al. 2014 [60]. The results of the MTT assay, that is based on cellular oxido-
reductase enzyme activity, revealed that MSC exposed to nanoparticles had a 
lower activity (Figure 6-1 and Figure 6-2); however this did not result from the 
presence of structurally damaged cells as demonstrated by the flow cytometry 
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data (Figure 6-3 and Figure 6-4). It has been shown that Titanium nanoparticles 
with size of about 50nm can enter neural stem cells without influencing greatly 
their viability [61].  
It has been recognised that the cell’s mechanical properties for example the 
elasticity, stiffness, membrane tension, cell shape and adhesion strength all 
have a role in the fate of the cell and affect a number of cell functions such as 
its differentiation [56, 62, 63], ageing and diseased state [64, 65]. The 
mechanical properties of the cells are closely linked to its structural integrity. 
The structural integrity and the mechanical behaviour of cells are mainly 
controlled by the cell cytoskeleton and actin filaments organisation. 
Furthermore, because of the involvement of the cytoskeleton in signalling 
pathways (i.e. mechano-transduction), variations in cell proteomics can result in 
changes in the mechanical and structural properties of cells [36, 37]. In the last 
decade there has been an increase in the number of studies investigating 
mechanical properties of cells and tissues [31-35].  For example, Titushkin et al 
(2006) [66] studied the membrane properties of mesenchymal stem cells and 
observed that normal cells had a spring constant anywhere between 0.001-0.1 
N/m [66], this correlates well with the values measured in this study using the 
AFM for all control cells [67][68]. Such variations can also be attributed to 
different fitting procedures; only the initial part of the indentation curve was 
modelled with the Hertz model as it is valid only for small indentation depths (up 
to about 200 nm). This is a consequence of the fact that it was formulated with 
the assumption of semi-infinite material; in order to operate when this 
assumption is still valid, an indentation depth of no more than 5-10% of the 
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average cell height was suggested [69]. At greater indentation depths, a well-
known linear relation between indentation depth and force was found and the 
slope of such relation determined (spring constant). The values of cell elasticity 
found here (in the order of tens of kPa) are slightly higher than in other works 
[69, 70], where few kPa, were found; this could be a consequence of the 
different type of cells and growing conditions; however, in some of this works 
[71] the full indentation curve was modelled with the Hertz model. The shape of 
the indentation curve (Figure 6-5) suggested that the smaller Young moduli 
would be calculated in case the deeper part of the indentation curve is also 
included in the fitting algorithm. 
The results show that particles induce biological responses but not complete 
cell damage; however the nanomechanical investigation clearly demonstrated 
that cells exposed to nanoparticles are mechanically affected, mainly for Cobalt 
nanoparticles, and that the concentration of the nanoparticles is a predominant 
factor other than size and charge along with metal type (Figure 6-6 to Figure 
6-9). On the contrary; for Titanium nanoparticles, our combined results showing 
unaffected viability and mechanical properties are in agreement with Mao et al. 
2015 [72], who reported that neural stem cells structure and viability are 
unaffected for Titanium nanoparticles at concentrations up to 50 g/ml. 
Furthermore, the decrease of metabolic activity (Figure 6-1 and Figure 6-2) of 
MSCs with longer exposure times was not linked to an increased cell death 
(Figure 6-3 and Figure 6-4) for both Cobalt and Titanium nanoparticles. 
Interestingly, the greatest differences in MSC mechanical properties exposed to 
Cobalt nanoparticles compared to control samples occurred in the first 24 
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hours; with further exposure the effect of the nanoparticles appeared to 
decrease and after 3 days of exposure the effect of the nanoparticles was not 
significant, this is in line with the uptake reaching a plateau after 48 hours of 
exposure. The distributions of both cell elasticity and spring constant did not 
exhibit a bimodal behaviour highlighting the homogeneity of MSCs response 
and is also correlated to the lack of dead cells, who exhibit different mechanical 
properties (data not shown) among the MSC population. 
In addition, the values of turgidity obtained are close to those (up to 0.4 kPa) 
presented by [73]. As the cell membrane is associated with many functions that 
are critical for the maintenance of healthy cells, such as adhesion, motility, 
endocytosis and exocytosis, and signalling then it is important for a cell to 
regulate the membrane tension [66, 74]. Cells undergo changes in shape and 
osmolarity which do not affect the tension even with significant variations, 
however it has been noted that the elasticity of cells can only be stretched by 2-
4% before the membrane ruptures [66, 75]. Therefore, it is expected that a 
reduction in cell elasticity is coupled with a reduction in turgidity in order to 
minimise the cell volume variation, the results exhibited this anticipated trend.  
Adhesion forces originate from interfacial interactions between contacting 
bodies; the extent of such forces depends on the composition of the materials in 
contact [76]. Our results generally depicted a trend of reduction of adhesion 
force when exposed to nanoparticles, particularly for Cobalt. This suggests that 
the nanoparticles can interfere with stem cell proliferation through preventing or 
weakening adhesion to a substrate that is the first step into stem cell growth. 
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The results hint that the lower impact of Titanium nanoparticles on MSC 
mechanical properties than Cobalt nanoparticles is linked to a lower cell uptake 
of the former than the latter (Figure 6-10 and Figure 6-11). Also they support the 
general knowledge of Titanium being more biocompatible than Cobalt [22, 77]. 
 
6.7  Conclusion 
The effects on cell nanomechanical and adhesive properties were studies for 
MSCs that are caused by metal nanoparticles, Cobalt and Titanium, closely 
resembling the wear particles that are originated from commonly used bulk 
materials in implanted biomedical devices. This is the first time that such an 
approach was applied to the investigation of the responses of MSCs to wear 
particles and to identify the role of parameters such as particles size and 
composition and concentration; usually such investigations are limited to the 
determination of cytokine production, DNA damage or gene expression. This 
work is complementary to these results and demonstrate that the MSC 
response to wear particles involves mechanical changes of the cell.  
The results suggest that the higher the concentration of nanoparticles 
surrounding cells reduces the overall stiffness and turgidity of the cells. 
Furthermore no evidence of cell structural damage was detected through flow 
cytometry but a reduction of metabolic activity was noticed. Cell uptake of 
Cobalt was remarkably higher than Titanium and, at the same time, the impact 
on mechanical properties was more pronounced for Cobalt. Hence it appeared 
that changes in mechanical properties are a consequence of nanoparticles 
endocytosis; moreover the results also support the notion of higher 
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biocompatibility of Titanium devices compared to Cobalt. Another outcome of 
nanoparticles was a reduction of the adhesion forces and such possible 
disruption of MSC growth can results from impeded adhesion.  
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Chapter 7 - Nanomechanical and surface 
properties of rMSCs post exposure to CAP treated 
UHMWPE wear particles 
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7.1  Abstract 
Cold atmospheric plasma (CAP) has previously been used (1, 2) to improve the 
material properties (wear performance) of ultra-high molecular weight 
polyethylene (UHMWPE) primarily by increasing the cross-linking of the 
polymer chains and simultaneously enhance hydrophylicity and adhesion. 
Wear debris generated by UHMWPE used in joint replacement devices has 
been of concern for joint replacements due to reductions in longevity of the 
implanted device, through its effects on the surrounding tissues and cells. 
Particles of submicron size can be up-taken by new bone cells, osteoblasts, and 
even change the pathway for differentiation of mesenchymal stem cells. This 
may have a detrimental effect on the health of the cell disrupting the 
nanomechanical properties associated with the cells in question. 
The aim of this study was to investigate the elastic and adhesive properties of 
rat mesenchymal stem cells (rMSCs), through atomic force microscopy (AFM), 
after exposure to UHMWPE wear debris pre and post CAP treatment for 7.5 
min and 15min. 
 The results indicated that the main changes in cell elasticity and spring 
constant (linked to turgidity) of MSC exposed to wear particles occurred in the 
first 24 hour of contact and the concentration did not play a significant role (in 
the range 0.5 to 50 mg/l).  Moreover, for UHMWPE treated for 7.5 min, with 
progression of the wear simulation the results of the CAP treated samples for 
short periods of time were close to the result of untreated samples highlighting 
the superficial nature of this treatment. With longer CAP treatment this was not 
observed. 
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7.2  Introduction 
Total joint arthroplasty and joint replacement surgeries are on the increase, 
including adjustments to hips, knees, elbows and shoulders. Orthopaedic 
surgical procedures can replace the whole joint, or commonly the damaged or 
diseased sections may be replaced with a biomedical prosthesis often including 
articulating surfaces. Surgery is often the last resort option for many 
osteoarthritis sufferers and this intervention restores mobility and relieves the 
debilitating pain thus greatly improving their quality of life. Over time, the 
implanted devices are subjected to everyday stresses and strains encountered 
through simple movements and wear debris are inherently produced. Wear 
debris has become a prevalent topic in the media, and a matter of concern for 
scientists, medical staff and patients (3-6). It has been noted that wear debris is 
produced regardless of the original material used in the implanted devices as it 
is a result of contacting surfaces rubbing and sliding against each other or 
harder metal based implanted materials (4, 6, 7). 
Over the past few decades, Cobalt-chromium alloy alongside ultra-high 
molecular weight polyethylene (UHMWPE) has been widely employed as a 
result of their high biocompatibility, low friction coefficients, and high fracture 
toughness (7). Even so, UHMWPE is prone to generate wear particles after 
prolonged use (1, 3, 8). The debris formed by UHMWPE has been imaged 
using atomic force microscopy (AFM), where a range of diameters were 
observed between 100-500nm, and some as large as 1-2µm (9-11). Due to the 
size of the wear particles, even a small amount can initiate an inflammatory 
response which involves osteoblasts, osteoclasts, and macrophages; for 
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instance, the effect of wear particles on osteoblast cells can cause the cells to 
differentiate and prevent normal cell synthesis, thereby inhibiting the formation 
of new bone which in turn increases the resorption of the bone matrix inherently 
affecting osteoclast cells (12-14). It has been suggested that submicron 
UHMWPE particles (mean diameter of 0.5µm) greatly increases the induction of 
osteolysis than metal particles of lesser dimensions (diameter <0.1µm) (15-17).  
Bone resorption, or osteolysis is the main culprit for future fracture and aseptic 
loosening of the surrounding bone and articulating surfaces, respectively. The 
severity of the bone damage and extent of the loosening of the articulating joint 
cause depilating pain, including loss of mobility and increased discomfort (3, 4, 
7, 18); often resulting in revised surgery and replacement of the biomedical 
implant. Evidently, a revision operation due to osteolysis has its own issues and 
complications compared to the initial surgery a patient receives, as well as the 
mobility of the patient cannot fully recover after the primary operation (7). 
Certain treatments have been developed to improve the performance and 
modify the physicochemical properties of UHMWPE to highly cross-linked 
polyethylene (XLPE) and carbon fibre reinforced polyethylene employing rapid 
heavy ion beam irradiation and argon plasma treatment (19-23). XLPE 
compared to UHMWPE is a denser polymer from an increase in cross-linking of 
the polyethylene backbone chains as a result of gamma radiation; this is 
thought to reduce the production of wear debris due to an increase in wear 
resistance. Despite the minimised generation of wear particles, the increased 
cross-linking causes a deficiency in the plasticity of the parent material resulting 
in decreased fatigue crack resistance (20). Apart from increased cross-linking, 
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UHMWPE and XLPE do not differ greatly when subjected to scratching; 
furthermore, to date there have been no long term studies on oxidative wear 
induced by oxygen free radicals produced from the gamma irradiation treatment 
(20). Presently, UHMWPE is the choice material for articulating surfaces due to 
its promising properties despite its obvious flaws; yet a lack of in-vivo studies 
and production costs have limited the availability for the exploration of new and/ 
or improved materials to be investigated as replacements for this polymer (1, 7, 
19, 22, 23) 
In the last two decades, a non-thermal plasma approach has been used for the 
sterilisation of heat sensitive materials and dental bleaching, respectively (1, 
24). It is a cold atmospheric plasma (CAP) produced at atmospheric pressure 
and temperature, and is a partly ionised gas which has been more recently 
been applied to many medical applications including wound cleaning, as well as 
surface modification for biomedical prosthesis (1, 2, 25-27). CAP is a beneficial 
technique compared to the more traditional thermal procedures due to the ease 
of scale up, simple operational set up, and cost effectiveness as there is no 
need for a vacuum chamber or heating appliances; in addition the process can 
be applied contact free acting as a sterilisation technique as a result of its broad 
antimicrobial activity (1, 24). Positive results have been evident for the 
application of CAP treated material and its potency investigated on UHMWPE 
and metal surfaces reducing the generation of wear debris (1, 28, 29). CAP 
treatment has successfully been used to improve the wear performance of 
UHMWPE, reducing the wear rate by up to half from 2.7 x 10-7 mm3/N/m to 
1.4x10-7 mm3/N/m after only 7 minutes of CAP treatment (1) through increased 
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cross-linking without detrimental effect on crystallinity. Additionally, the nitrogen 
group grafted on the material during CAP treatment increased the hydrophylicity 
and adhesion (whilst no oxygen was detected on the material after exposure to 
cold gas plasma (1, 2). 
Although CAP treatment has proven its reliability in its application to sterilise 
and strengthen UHMWPE, no investigation has yet delved into its affects 
towards the surrounding tissues and cells of an implanted biomedical device. 
Fundamentally, the following investigation is set to explore untreated and CAP 
treated UHMWPE wear debris with two CAP exposure times (7.5 min and 15 
min of He/O2 gas mixture treatment) and its potential impact on the 
nanomechanical and adhesive properties of cells.  This is achieved by 
measuring the mechanical (elasticity and turgidity), adhesive properties and 
metabolic activity of rat mesenchymal stem cells exposed to untreated and CAP 
treated UHMWPE particles produced at various time points (330k; 660k and 1M 
cycles of wear); employing the atomic force microscope (AFM). Additionally 
surface characterisation of the CAP treated surfaces and particles was 
performed employing SEM, XRD, XPS and Raman spectroscopy measurement 
techniques respectively. 
 
7.3  Materials and Methods 
7.3.1   Polymer 
Ultra-high molecular weight polyethylene (UHMWPE) sourced from Germany 
(GUR 1020, Hoechst). 
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7.4  Cold Atmospheric Plasma (CAP) source and UHMWPE 
treatment 
Cold atmospheric plasma (CAP) alters gas particles to plasma producing free 
radicals and ions in the plume to increase cross-linking, sterilisation and surface 
modification of UHMWPE. The equipment used (Figure 7-1) consisted of two 
main electrodes: a capillary and ring electrode. The capillary electrode is 
situated within the quartz tube with an inner diameter of 1.5mm; downstream of 
this the ring electrode is wrapped around the quartz tube near the nozzle where 
the plasma jet is emitted. An axially directed electrical field is produced when an 
external voltage is applied as a result of the axial separation of the electrodes 
and due to the gas being introduced in an axial direction, therefore this set up is 
also known as a linear field device (1, 25). A mixture of Helium and Oxygen 
were mixed before entering the capillary tube with 5 slm (standard litre per 
minute) of 99.99% Helium, and 10 sccm (standard cubic centimetre per minute) 
of Oxygen. An alternating voltage supply, at a peak voltage of 8 kV and 
excitation frequency of 20 kHz, is introduced to the gas mixture entering the 
capillary electrode in the quartz tubes causing an electrical discharge visualised 
as a light-emitting plume from the nozzle (1, 25) and is also called as the CAP 
jet. Under the experimental conditions considered in this study the plasma 
plume was more than 1 cm long and its gas temperature was always below 27 
°C. Samples to be treated were placed on a sample holder which was grounded 
electrically and the sample was fixed at 1 cm directly downstream of the quartz 
nozzle. The holder was rotated so that the entire UHMWPE was exposed to the 
CAP jet plume in turn. The samples were exposed to the plasma plume for 7.5 
and 15 min. The treated samples were kept at room temperature and subjected 
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to material and surface characterization within 1 day. Wear testing was initiated 
at the same time internal. 
 
Figure 7-1. CAP equipment set up. 
 
7.4.1  Wear testing 
Wear testing of UHMWPE (GUR 1020, Hoechst, Germany) was performed 
using a single station pin on plate in-house built wear simulator under constant 
load applied under lubricated conditions. Pins were machined from ram 
extruded cross-linked (4 Mrad) UHMWPE while metallic plates were made of 
medical grade wrought Cobalt–chromium alloy (according to ASTM F1537) and 
polished to an average surface roughness Ra  0.01 μm. Before wear testing all 
samples were soaked in distilled water at room temperature for 2 weeks, to 
saturate them. The lubricant employed in all wear tests consisted of 25 % v/v 
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bovine serum (Harlan Sera-Lab, Loughborough, UK) in sterile water with 0.1% 
(w/v) sodium azide to inhibit the growth of bacteria. The lubricant was changed 
every week and serum samples were collected for wear debris analysis. Control 
pins were soaked in lubricant for the duration of the wear test and were used as 
a reference for mass change due to water uptake by the UHMWPE. The wear 
test was performed with multidirectional motion, the pins rotating 30° every 15 
mm, and a sliding distance of 60 mm, resulting in a total pin rotation of 120°. 
The test cycle frequency was 1 Hz. A compressive load of 160 N was applied to 
an 8 mm diameter area of the pin surface, resulting in a nominal contact 
pressure of approximately 3.18 MPa. These testing conditions were selected to 
match the physiological range of contact pressures and lubrication found in 
human articular joints (30). At least six replicates were obtained for each type of 
plasma surface modification of UHMWPE.  
The serum with wear particles were collected after 333k cycles, 666k cycles 
and 1M cycles and particles extracted. 
7.4.2  Isolation of UHMWPE Wear Debris from Serum 
From the lubricant, bovine serum, used in the wear simulator test, the wear 
particles are isolated by adding 2g of Potassium Hydroxide (KOH) to 100ml of 
the bovine serum with wear debris. This suspension was placed in a water bath 
at 60oC with continuous stirring for 48 hours; post 48 hours the solution was 
removed and allowed to cool to room temperature before placing in the fridge 
for 30 minutes to reduce the temperature to 4oC. Once cool, a 10ml mixture of 
chloroform:methanol (2:1) was added to the solution and incubated in a fume 
cupboard at room temperature for 24 hours. The suspension was then 
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centrifuged at 2000 rpm (revolutions per minute) at room temperature to remove 
unwanted proteins and lipids contained in the lubricant for 20 minutes; the 
supernatant was removed and the process was repeated with the addition of 
the chloroform:methanol mixture until the supernatant was clear and all proteins 
and lipids removed. Following the centrifugation of the samples, filtration was 
required using a Buchner filter and 0.2 µm filter membranes (Whatman, UK), to 
collect all wear debris remaining in the supernatant solution. The filters were air 
dried in a fume cupboard overnight in sterile covered petri dishes. All filters 
membranes were weighed before and after filtration to determine the yield of 
wear debris. 
7.4.3  Surface characterisation  
7.4.3.1  SEM analysis   
The extracted UHMWPE wear debris on the membrane filters were gold coated 
and SEM images were acquired. Scanning electron microscopy was performed 
in a Hitachi filament scanning microscope, using a filament voltage of 5 keV. A 
minimum of 15 images at random locations were acquired for each filter in 
secondary electron mode. Wear debris was identified from the images and the 
shape and size individually determined. This process was performed 
individually on serum obtained from each of the replicates of the various treated 
and untreated materials and the results are presented as overall means ± SD. 
7.4.3.2  Raman analysis  
Raman spectra were obtained using a Renishaw Raman System 1000 
(Renishaw plc) with an Ar+ laser (514 nm). The instrument was fitted with an 
external Olympus BH-2 microscope and the spectra were collected using a 
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personal computer. The bands at 1080 and 1127 cm-1 are due C–C stretching, 
the band at 1293 cm-1 to twisting of crystalline –CH2–, the band at 1365 cm-1 is 
related to amorphous C–C twisting and that at 1440 cm-1  to the bending of 
crystalline C–C (31). Peaks at about 1560 cm-1 are characteristic of 
hydrogenated amorphous carbon found in diamond-like carbon structures (32). 
Peaks in the regions between 2400 and 2800 and from 3000 to 3300 cm-1 can 
be attributed to nitrogen compounds (31). 
7.4.3.3   XRD analysis   
X-ray diffraction (XRD) analysis was performed using a Bruker-Axs D8 
(GADDS) diffractometer, utilizing a large two-dimensional area detector and a 
monochromatic Cu X-ray source (Ka1 and Ka2) fitted with a Gobble mirror. The 
instrumental set-up gave 34° for both h and x, with a resolution of 0.01° and 3–4 
mm2 of sample surface illuminated at any one time. Multiple Debye–Scherrer 
cones were recorded simultaneously by the area detector with two sections 
covering a 2h range of 65°. The Debye–Scherrer cones were integrated along x 
to produce standard one dimensional diffraction patterns of 2h against intensity. 
Scan data was collected for 800 s to give sufficiently resolved peaks for 
indexing. 
7.4.3.4  XPS analysis   
High resolution X-ray photoelectron spectroscopy (XPS) was performed in a 
Kratos Axis Ultra-DLD photoelectron spectrometer using monochromatic Al Ka 
radiation. The core peaks for O1s was recorded and analysed. 
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7.4.4  Cell Culture  
28 days old, male Wistar rats were obtained from the colony maintained by 
Charles River European Suppliers (Charles River UK Ltd., Kent, UK). The 
animals were housed with free access to water and were maintained with 
treatment and care protocols conformed to UK Animals (Scientific Procedures) 
Act 1986, in accordance to the European Convention for the Protection of 
Vertebrate Animals Used for Experimental and Other Scientific Purposes 
(Strasbourg, Council of Europe). Bone marrow stem cells were isolated from 
rat femur and humerus, using plastic adherence (33), followed by fibronectin 
adherence techniques (34). After 7 days, merged colonies were expanded 
(passage 0). This study was conducted on cells obtained from early population 
doubling level.  
The cells were routinely cultured in α-MEM (Life Technologies), supplemented 
with 20% (v/v) FBS, 1% (v/v) of solution penicillin (5000 U/mL) and streptomycin 
(5000 mg/mL) (Gibco Invitrogen) and 1% (v/v) of L-ascorbic acid 2-phosphate 
solution at 50 mg/ml (Sigma, UK). Accutase (Gibco Invitrogen) was used when 
cells were 70% confluent in order to passage and count. The cells were 
maintained at 37° C in a humidified atmosphere containing 5% CO2.  
For atomic force microscopy experiments, cells were seeded in 24-well plates at 
a density of 6000 cells per well and cultured for 24 hours on sterilised 
polystyrene slides placed inside the well before exposure to UHMWPE wear 
debris. For each type of the wear debris sample a stock solution of UHMWPE 
particles suspended in culture media was prepared at 5 mg/ml and appropriate 
amount was added to each well to reach final concentrations of 5; 25 and 50 
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µg/ml and incubated from 24h up to 3 days. Control samples consisting of cells 
not exposed to the wear particles and cultured in the same conditions were 
used for comparison with treated cells. 
For the MTT assay, the cells were cultured as described above. 
7.4.5  Nanomechanical and adhesive properties of rMSCs 
measurements  
All AFM force measurements were conducted in an open liquid cell as 
described in [34], using PBS as the aqueous phase. A triangular tipless 
cantilever (Bruker, UK) with a nominal spring constants (Kcantilever) of 0.1 N/m 
was used; the actual spring constant of the AFM cantilever was determined 
using the modified Sader method [35, 36]. Borosilicate glass beads (10 m in 
diameter) were glued onto the cantilever and served as cell indentors. In order 
to prevent indentations depth greater than 400-500 nm, the maximum applied 
load was set, after preliminary tests, to 1 nN or 2 nN depending on the samples. 
At least 15 cells were analysed for each sample, at each concentration of 
particles and at each time point (24, 48, and 72 hours). Cells were first located 
and then at least 20 approaching and retracting z-piezo coordinates vs. 
deflection curves were extracted from randomly selected points on the surface 
of each cell avoiding the peri-nuclear region. Experiments were performed in 
triplicates. 
7.4.5.1  Cell elasticity and spring constant determination 
The approaching part (trace) of the AFM curves was used to calculate the 
nanomechanical properties of the cells. The Young modulus of the cell surface 
location under investigation was determined fitting the Hertz model (Eq. 7-1) to 
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the first part of the indentation vs. force curve after contact between AFM tip 
and cell surface. 
 
3
2
2-1
E
  
3
4
 =F 

R  (7-1) 
Where: 
F = force recorded by AFM 
E = Young modulus 
R=  radius of the spherical indentor (5 m) 
 = Poisson ratio (assumed 0.5) 
 = indentation depth 
 
The spring constant of the cell surface in the location probed was determined 
through the slope of the curve after the Hertzian regime according to: 
b =F k  (7-2) 
Where: 
F = force recorded by AFM 
Kb = spring constant of the cell 
 = indentation depth 
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Both models require the determination of the separation between cell surface 
and AFM tip (), this was calculated from the coordinates (z-piezo) of the trace 
curve assuming that the point of contact corresponded to the local minimum of 
force; from this: 
cantdzz  0  (7-3) 
Where: 
z0 =  z-piezo value of the minimum of the trace curve 
z =  z-piezo value of the trace curve 
dcant =  cantilever deflection 
 = indentation depth 
 
and 
cantCantilever dKF    (7-4) 
 
Both Eq. 1 and 2 were fitted to the data using the least squares method through 
an in-house written FORTRAN code.  
Overall surface heterogeneity of nanomechanical properties was studied 
through the spatial distribution of E and Kb. 
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7.4.5.2  Cell Adhesion force 
The adhesion forces between a cell and AFM tip were determined as the 
minimum value of the retracting (retrace) part of the AFM curve. 
7.4.6  Metabolic activity assay  
MTT (3-(4,5-dimethythiazol-2yl)-2,5-diphenyltetrazolium bromide) assay was 
used to determine the effects of the metal nanoparticles on MSCs viability. It is 
a colorimetric assay of cell viability and depends on the metabolic activity of the 
cell as rapidly dividing cells exhibit high rates of MTT reduction. Cells were 
initially cultured and exposed to nanoparticles as stated above in a 24-wells 
plate; after the chosen exposure to the wear particles, the media was replaced 
with phenol red-free medium and 80 µl of MTT stock solution (5mg/ml) was 
added to each well and incubated at 37oC in humidified atmosphere containing 
5% CO2 for 2 hour. The metabolised MTT, formazan, was re-suspended with 
800 µl of dimethyl sulfoxide (DMSO). 200 µl were transferred to a 96-well plate 
absorbance at 560nm was read using a spectrophotometer (ELISA Reader 
Labtech LT-5000MS). All experiments were performed in triplicates with each 
concentration (5, 25 and 50 µg/ml) as well as a control sample of cell 
suspension not exposed to the wear particles (untreated cells).  
7.4.7  Statistical Analysis 
All samples were independent of each other, and so the elasticity data was 
analysed using one-way ANOVA to determine any significant difference 
between the mean values of the concentrations used. This was followed by 
Tukey’s HSD post-hoc due to the independent nature of the data to determine 
in which groups the difference if any occurs (p<0.05). Adhesion forces were 
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compared using the Kruskal-Wallis test followed by Dunn’s post hoc test for 
individual pairs of data sets. Statistical analysis was performed using SPSS.   
 
7.5  Results 
7.5.1  Surface characterisation (Raman, XRD, XPS, SEM) 
Raman spectroscopy was employed to investigate the composition of the 
surface of the samples after treatment. The spectra of the surface of UHMWPE 
(Figure 7-2) showed two high peaks at about 2800 cm-1 that are typical of the 
bond between carbon and hydrogen. In the range 1000–1500 cm-1 four small 
peaks were evident which are typical of UHMWPE.  
 
Figure 7-2. Raman spectra of untreated UHMWPE and treated with cold gas 
plasma for 7.5 and 15 min exposure times 
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Figure 7-3. XRD diffraction patterns of untreated UHMWPE and treated with 
cold gas plasma for 7.5 and 15 min exposure times. 
 
Figure 7-4. XPS spectra acquired for the region O1s. 
untreated UHMWPE  15 min CAP treated UHMWPE 
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After 7.5 min of cold plasma treatment the Raman spectra presented a wide 
peak at a Raman shift between 3000 and 3300 cm-1, which is characteristic of 
the bond between carbon and nitrogen. A similar peak was also evident in the 
samples exposed to cold gas plasma for 15 min. The region between 2400 and 
2800 cm-1 that was altered in the samples treated for 7.5 and 15 min can also 
be attributed to nitrogen compounds. There was no noticeable difference in 
terms of the XRD diffraction patterns (Figure 7-3) with and without plasma 
treatment, demonstrating that the cold atmospheric pressure plasma did not 
affect the crystallinity of UHMWPE. Moreover, the XPS spectra did not reveal 
any increase in the level of material oxidation as the peak relative to O1s did not 
change after 15 min exposure to cold gas plasma Figure 7-4. 
Scanning electron microscope was also used to determine size and shape of 
the UHMWPE wear particles. The UHMWPE debris produced during wear 
simulation, extracted from the lubricant, were generally circular in shape with 
some elongated regardless of the CAP treatment, examples are shown in 
Figure 7-5 and Figure 7-6). From the size distribution data presented in Figure 
7-7, it is evident that the great majority (around 70%) of debris had a diameter 
between 0.2 and 0.6 µm, whilst a small proportion of the debris was between 
0.6 and 2 μm, and about 15% of the debris was larger than 2 μm. It is also clear 
that the CAP treatment had no influence in the size distribution of the wear 
debris. 
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Figure 7-5. SEM of untreated UHMWPE after 333 kC (a), 666 kC (b) and 1 MC.  
Bar represents 400 nm. 
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Figure 7-6. SEM of 15 min CAP treated UHMWPE after 333 kC (a), 666 kC (b) 
and 1 MC.  Bar represents 400 nm. 
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Figure 7-7. Size distribution of the wear debris produced after wear simulation 
of UHMWPE. 
     untreated UHMWPE                 7.5 min treated UHMWPE               15 min 
treated UHMWPE 
 
7.5.2  Metabolic activity 
The metabolic activity of MSCs exposed to wear particles of untreated 
UHMWPE or after CAP treatment did not change with the particles 
concentration, number of wear cycles and exposure time (Figure 7-8 and Figure 
7-9). Furthermore, the CAP treatment had no consequence on the metabolic 
activity of the cells. 
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Figure 7-8. MTT results of MSCs exposed for 24 h to UHMWPE wear particles 
after 333k C (a), 666 kC (b) and 1 MC (c). 
      untreated UHMWPE             7.5 min treated UHMWPE       15 min treated 
UHMWPE 
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Figure 7-9. MTT results of MSCs exposed for 72 h to UHMWPE wear particles 
after 333k C (a), 666 kC (b) and 1 MC (c). 
      untreated UHMWPE                 7.5 min treated UHMWPE       15 min treated 
UHMWPE 
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7.5.3  Elasticity, spring constant and adhesion 
Elasticity measurements were conducted using the AFM over 3 days. Cells 
were exposed to wear debris over time at different concentrations ranging from 
0.5 to 50 µg/ml, 9 types of UHMWPE debris were used, untreated UHMWPE 
(Figure 7-10) along with 333 kC, 666 kC and 1MC CAP treated for either 7.5 
min (Figure 7-11) or 15 min (Figure 7-12).   
For cells exposed to untreated samples of UHMWPE (Figure 7-10) elasticity 
was lower compared with the control after 24 hrs exposure, while no difference 
in elasticity was noted at 48hrs and 72hrs  exposure and no effect of 
concentration was demonstrated. For cells exposed to 7.5min CAP treated 
samples, Figure 7-11, a reduction in elasticity was recorded after 24hrs 
exposure compared to cell not exposed to any particle, whilst no difference was 
noted after 48 hrs and 72hrs compare with control. For cells exposed to 15 min 
CAP treated samples, Figure 7-12, a decrease of elasticity was observed after 
24hrs compared to control samples (cells not exposed to any particle). On the 
other hand, an increase of elasticity was seen after 48hrs and 72hrs exposure 
compared to control cells. No effect was observed on cells varying 
concentration of wear particles or wear rate. Overall elasticity was reduced with 
lowering rate of wear (at 333kC elasticity is lower than at 666kC and even less 
at 1MC). No concentration effect was shown. Overall, elasticity of CAP treated 
wear particles (15min) is higher compared to untreated wear particles especially 
for 333kC and 666kC wear performance, however at 1MC elasticity of CAP 
treated and untreated samples do not change significantly. Also there is no 
difference between untreated and 7.5min treated samples. 
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For the spring constant values, untreated samples (Figure 7-13), no change 
was observed for increasing concentration or with time, all spring constant 
values for cells exposed to the wear debris had a value of around 0.004 N/m. 
However this was greater than the resulting values for cells not exposed to any 
particle. 
 
 
Figure 7-10. Mean cell elasticity of MSCs exposed to untreated UHMWPE wear 
particles. 
        24 h  48 h         72 h 
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Figure 7-11. Mean cell elasticity of MSCs exposed to UHMWPE wear particles 
post CAP treatment for 7.5 min for (a) 24h, (b) 48 h and (c) 72 h.                
    Control         UHMWPE 333kC         UHMWPE 666kC      UHMWPE 1MC     
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Figure 7-12. Mean cell elasticity of MSCs exposed to UHMWPE wear particles 
post CAP treatment for 15 min for (a) 24h, (b) 48 h and (c) 72 h.                
    Control         UHMWPE 333kC         UHMWPE 666kC    UHMWPE 1MC     
 
 201 
 
Figure 7-13. Mean spring constant of MSCs exposed to untreated UHMWPE 
wear particles.  
        24 h  48 h         72 h 
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Figure 7-14. Mean spring constant of MSCs exposed to UHMWPE wear 
particles post CAP treatment for 7.5 min for (a) 24h, (b) 48 h and (c) 72h.  
      Control          UHMWPE 333kC         UHMWPE 666kC         UHMWPE 1MC             
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Figure 7-15. Mean spring constant of MSCs exposed to UHMWPE wear 
particles post CAP treatment for 15 min for (a) 24h, (b) 48 h and (c) 72h.   
      Control            UHMWPE 333kC         UHMWPE 666kC        UHMWPE 1MC  
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For MSC cell exposed to 7.5 min CAP treated UHMWPE samples (Figure 7-14), 
the spring constant of the cells generally increased with increasing 
concentration over time. At 24 hours, 666 kC had the lowest spring constant 
recorded at 0.003 N/m at a concentration of 0.5 µg/ml which increases to 0.004 
N/m at a concentration of 50 µg/ml. Similar values for 333 kC and untreated 
UHMWPE were also observed with slightly higher values for untreated 
UHMWPE wear debris. At 48 hours exposure, control cells spring constant 
reduced to below 0.002 N/m, whereas the values for cells exposed to wear 
debris at a concentration of 0.5 µg/ml spring constant remained at around 0.003 
N/m; again an increase in overall spring constant to 0.004 N/m was observed at 
a concentration of 50 µg/ml. Again for 72 hours, the cell control spring constant 
remained at 0.002 N/m, whereas the spring constant for all wear debris levelled 
at 0.004 N/m for all particles at all concentrations. 
Spring constant values for cells exposed to wear debris of UHMWPE CAP 
treated for 15 minutes (Figure 7-15) had a less pronounced increase in spring 
constant for 24 and 48hours exposure. Yet after 72 hours exposure, all samples 
plateaued and remained constant at an increased value of around 0.0055 N/m.  
For cells exposed for 24hrs to 7.5min CAP treated wear particles  no change of 
spring constant was noted while for cells exposed to 15 min CAP treated 
particles even at 24hrs there was a pronounced effect at high concentrations of 
wear particles compared to the control cells. These differences were higher 
after 48hrs and 72hrs of exposure compared to the control cells with no 
dependence from the concentration of wear particles and wear rate.  In general, 
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cells exposed to CAP treated UHMWPE gave higher spring constant values 
than cells exposed to untreated samples. 
 
Figure 7-16.  Adhesion force distribution of MSC cells exposed to untreated 
UHMWPE wear particles. 
        24 h  48 h         72 h 
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Figure 7-17.  Adhesion force distribution of MSC cells exposed to UHMWPE 
wear particles post CAP treatment for 7.5 min for (a) 24h, (b) 48 h and (c) 72h. 
       Control            UHMWPE 333kC        UHMWPE 666kC        UHMWPE 1MC             
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Figure 7-18.  Adhesion force distribution of MSC cells exposed to UHMWPE 
wear particles post CAP treatment for 15 min after (a) 24h, (b) 48 h and (c) 72h. 
      Control               UHMWPE 333kC       UHMWPE 666kC       UHMWPE 1MC             
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Another property of the cells that was investigated was the adhesion 
characteristics of the cells pre and post exposure to CAP treated and untreated 
wear particles. The wear debris for untreated UHMWPE are presented in Figure 
7-16 whilst after CAP treatment for 7.5 minutes and 15 minutes are shown in 
Figure 7-17 and Figure 7-18 respectively. For untreated UHMWPE the adhesion 
increased with exposure time and did not change for particle concentration in 
the range tested in this work. After 24 hours for 7.5 minute CAP treated 
UHMWPE wear debris (Figure 7-17), an overall reduction in adhesion for all 
UHMWPE with increasing concentration, however, no change was observed 
when comparing the control cell with UHMWPE 1MC. For 48 hour exposure of 
wear debris, an initial increase in adhesion forces were observed for all 
UHMWPE when compared with the control cell samples, with the greatest 
increase in the range of data for the 1MC samples, however, a general 
decrease in adhesion forces were observed with increasing concentration for all 
UHMWPE samples. At 72 hours exposure, a similar initial increase is 
demonstrated when compared with the control cells, yet no change was 
observed with increasing concentration. 
UHMWPE wear debris simulated after 15 minutes, also demonstrated a similar 
pattern of increasing adhesion forces with increasing concentration for 24 hours 
exposure especially for 1MC. After 48 hours exposure both 333kC and 666kC 
UHMWPE wear particles a general decrease in adhesion forces with increasing 
concentration was observed, however, for the 1MC an increase in adhesion 
was observed with increasing concentration when compared with the control 
cells. At 72 hours exposure, the 666kC and 1MC remained the same with 
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increasing concentration, and the 333kC increased with increasing 
concentrations.  
Generally cell adhesion was decreasing after exposure to CAP treated 
UHMWPE at various time points, 7.5 min and 15min. For cells exposed to 7.5 
min CAP treated material adhesion increased with time exposure increase (from 
no effect at 24hrs to highly effective at 48hrs). Also adhesion increased with 
increasing of number of wear cycles resulting to cell adhesion after exposure to 
1MC CAP treated wear particles similar to cell adhesion after exposure to 
untreated UHMWPE wear particles. For cells exposed to 15min treated CAP 
wear particles adhesion increased after 24hrs exposure with similar trends for 
48 hrs and 72hrs of exposure indicating that higher adhesion occurs after 
exposure to materials generated at shorter wear process (333 kC compared to 
1 MC). 
 
7.6  Discussion 
7.6.1  Effect of CAP modification on UHMWPE 
From the Raman data collected in this investigation, it is evident that a shift is 
observed in C-H, C-N, and N-H bonds as UHMWPE consists of a long chain 
monomer of ethylene ((C2H4)n) with branching of these chains, then these 
results suggest an increase in cross-linking due to the shift seen between 3000 
and 3300 cm-1 representing the C-H bonding and branching of the polymer; this 
cross-linking of the branches and chains effectively increases the density and 
strength of the polymer (1, 25). It is essential that these changes to UHMWPE 
do not alter the bulk properties of the material, such as the crystalline and 
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amorphous phases, as these govern the mechanical behaviour of the polymer 
(41), yet even though CAP has improved the wear (1, 25) it is not susceptible to 
changes in its crystallinity, as no changes were observed in the XRD data. The 
improvements observed with CAP treated UHMWPE come about without the 
negative effects associated with other thermal and radiated techniques (1, 25, 
42, 43); as no oxidation was observed in the Raman spectroscopy results i.e. 
no shifts observed for oxygen. Oxidation leads to increased abrasion, forming 
more wear debris inducing an inflammatory response (42, 43). Furthermore, 
oxygen degradation is commonly seen in other sterilisation techniques such as 
gamma radiation (41, 44). Oxidative degradation can severely decrease the 
physical properties of the polymer such as alterations to the fracture toughness, 
and ductility (41, 43, 44). It has been noted (44) that prolonged oxidation 
promotes chain scission which eventually leads to long-term degradation of the 
desired physical, chemical and mechanical properties (44); therefore a further 
benefit of CAP treatment demonstrates from this investigation that little to no 
change was observed in the overall bulk material. 
Debris are produced as a consequence of wear in joint replacements; it is well 
known that such debris are present in a wide distribution of sizes and in 
different shapes. Because many physiological reactions to the generation of 
wear are influenced by the geometrical properties of the wear, it is important 
that any new material developed results in wear debris not inducing negative 
responses in the host. 
It has been shown that UHMWPE debris are generally of small sizes, and our 
result are in agreement with these. Variations of the wear debris size 
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distribution were not observed with the CAP treatment and at different stages of 
the wear process (after different periods of wear simulation). This is likely the 
consequence of the fact that the increased cross-linking between UHMWPE, 
caused by exposure to cold gas plasma, reduces only the wear rate but does 
affect the shape and size of the debris. 
7.6.2  Effect of exposure to CAP treated UHMWPE wear 
particles on rMSCs metabolic activity  
Because of the different chemical composition of the wear debris after CAP 
treatment (the presence of nitrogen groups predominante), it is important to 
determine the possible implication on the metabolism of mammalian cells of this 
debris. It has been shown that osteoblast cells can grow on UHMWPE 
unaffected by CAP treatment with He/Oxygen mixtures (45). In this work we 
determined the effect of the UHMWPE wear particles generated on the 
metabolic activity of MSC and found that these cells are fundamentally 
unaffected by UHMWPE at concentrations up to 50 mg/l and CAP treatment 
does not cause alternation of this (Figure 7-8 and Figure 7-9). Poly-ethylene is a 
relatively inert material as the results of the MTT test demonstrated that 
untreated UHMWPE at concentration up to 50 mg/l had the same results as 
cells not exposed to any wear particle. The added nitrogen groups by the CAP 
treatment do not cause variation of the level of UHMWPE cytotoxicity. 
7.6.3  Effect of exposure to CAP treated UHMWPE wear 
particles on rMSCs-hydrophilicity, surface properties, 
adhesion and elasticity/turgidity/spring constant 
Previously CAP has been reported to improve the longevity of biomedical 
devices due to its reduction in the generation of wear by minimising the 
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asperities of the surface of UHMWPE (25); the determination of the responses 
of cells when exposed to debris obtained from the treated material was 
performed in this work as, after exposure to CAP, practically a new material is 
produced. The surface properties can also influence the overall adhesive 
characteristics of the UHMWPE such as the hydrophilicity (25), as the 
interaction between the implanted biomedical device and biological materials is 
necessary for successful osseointegration (46, 47). Improvement of adhesion in 
UHMWPE has previously been reported (48, 49) through swelling of the 
polymer elevates the bonding especially between metal and polyethylene 
enhancing the ductility when compared to the bulk material (48), and to mouse 
fibroblasts (49). It is essential for the longevity of the device for positive 
structural and functional direct contact with living bone and the device (50); as 
after total joint arthroplasty (TJA) surgery a layer of water forms on the surface 
which aids in the facilitation of protein adsorption  to the surface of the implant 
i.e. a conditioning film allowing for further cellular adhesion of bone cells (47, 
50). CAP treatment evidently improves the hydrophilicity of the surface (25) 
which inherently leads to enhanced osseointegration (1, 25, 47, 51).  
AFM allows for ease of investigation as no sample preparation is required and 
cells can be imaged and probed in biological conditions minimising damage and 
potential changes that may occur with other techniques that require fixation of 
cells (52-54). Previous work conducted on cells using AFM have suggested that 
an applied force ranging between 1 and 100 nN is sufficient to initiate cellular 
responses (54), this confirms the selection of a fixed applied load at 4 nN for the 
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above investigation. The low value of applied force is connected to a small 
indentation depth that is needed to prevent cell damage. 
The change in hydrophobicity of the original material compared to the CAP 
treated may be attributed to the introduction of free radicals to the surface and 
the addition of N-H bonds demonstrated using Raman Spectroscopy, and 
increases the surface energy of UHMWPE; this allows for better interaction with 
surrounding proteins to form a conditioning layer for osteointegration to take 
place, improving the chances of new bone formation and minimising rejection of 
the implanted device. Yet, a general decrease in adhesion properties of the 
cells was observed when exposed to CAP treated wear debris; this could be 
due to wear debris interacting with the cells surface altering the overall 
adhesion mechanisms of the cells as the untreated UHMWPE demonstrated a 
general increase in adhesion with increasing concentration of particles, but, 
post CAP treatment the opposite was true and a general decrease in adhesion 
was observed. This was due to the improved hydrophilicity and surface energy 
of the treated UHMWPE which enhanced its adhesion to structural components 
of the cells governing the adhesive characteristics. 
Moreover, as the CAP treatment alters the surface characteristics of UHMWPE 
by improving the hydrophilicity, this could lend itself to increased interactions 
and uptake with surrounding cells around implantation site. These interactions 
could affect the important structural features of cells such as the cytoskeleton 
(55). 
Elasticity of cells is an important aspect to consider in the normal function of a 
cell, it is thought that wear debris may alter the usual differentiation of cells and 
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can induce osteolysis which affects osteoblasts and osteoclasts (4, 56). 
Investigating the effects induced to MSCs is essential as these cells can 
differentiate into a variety of phenotypes including osteoblasts, cartilage, 
ligaments, adipocytes, muscle and connective tissue (57, 58); differentiation 
depends on the rigidity of the substrate that cells adhere to. For example, 
harder surfaces with a matrix stiffness ranging between 25-40 kPa cause MSC 
differentiation to osteoblast-like cells (59). Owens and Solursh (1981) (60) 
demonstrated that rat MSCs behave in a similar manner to human MSCs and 
are often used as an approximation to human cells. Another notion of elasticity 
is to consider it as the degree of deformation of a cell in response to an applied 
load; some studies have shown that a relationship exists between the elasticity 
of cells and their vital functions which include cell differentiation, proliferation, 
survival and motility (55, 57). Not only are cells probed by an applied load are 
affected, but also surrounding molecules such as the extracellular matrix 
(ECM), transmembrane proteins, chromatin, cytoskeleton and lipid bilayer also 
respond to external as well as internal forces resulting in deformation of the 
structures of the cells in question (57); therefore, the elastic properties of the 
MSCs have been measured to determine their effect of wear debris on the cells 
properties. 
The model used to determine the elastic characteristics of the cells is based on 
the Hertz model, to apply this model seven assumptions must be fulfilled: (i) the 
material of the contacting bodies is isotropic and homogenous; (ii) the loads 
applied are static; (iii) the material is linearly elastic in nature; (iv) The curvature 
of radii of the contacting bodies are much larger than the contact radius; (v) the 
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dimensions of the bodies are much larger than the dimensions of the contact 
surface; (vi) the contacting surfaces are smooth; and (vii) the deformations are 
small (61). As the geometry of the tip satisfies all the above points  the Hertz 
equation can be assumed (62), and all other parameters are known including 
the tip angle, 35o, indentation depth, δ, and force, F, are determined using the 
AFM, and the Poisson ratio (when a material is compressed in one way and 
expanded in another direction perpendicular to the compression) is taken as 0.5 
for soft elastic biological samples (62).  
Wear debris of UHMWPE have a significant impact on MSC elasticity (Figure 
7-10). Without the presence of particles cells exhibit a decreasing elasticity from 
about 20 kPa to about 10 kPa over the period from 1 to 3 days; when MSC are 
exposed to UHMWPE debris the elasticity of the cell remains at about 15 kPa 
regardless of the debris concentration during the same exposure time. The 
most remarkable fact is the increasing elasticity of MSC exposed to debris 
obtained from progressive wear (333 kC to 666 kC to 1MC) at debris 
concentrations greater than 5 μg/l. The elasticity values obtained from the wear 
simulation between 666kC and 1MC return values closer to pure UHMWPE 
than the debris generated at the beginning (333kC). This phenomenon is 
consistent with the fact that the outer layer of the treated samples are more 
likely to exhibit the effect of the CAP treatment as result of the decreasing 
penetration of the plasma species. Thus the initial wear generated presents the 
biggest modification as seen with the lack of response of cells to the debris from 
the increased wear cycles (i.e. the 666kC and 1MC demonstrate similar 
outcomes).  This hypothesis is also sustained by the observation that the longer 
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CAP treatment of 15 min (that is resulting in material modification deeper in the 
samples) does not exhibit such behaviour. It appears that the short treatment 
improves a thinner layer of UHMWPE. 
A study of the cell spring constant (monotonically linked to turgidity) revealed 
that the presence of UHMWPE causes the cell to exhibit higher pressure. 
Increased turgidity has been shown to be a mechanism involved in regulating 
cell uptake and membrane trafficking. Elasticity and turgidity are linked as cell 
size can only change slightly as result of pressure variation as swelling or 
shrinking are threats to cell viability. An increase in turgidity can be withstood 
with increased elasticity. 
 
7.7   Conclusion 
Overall, the results demonstrated differences in MSC responses to untreated 
and CAP treated UHMWPE without alteration of the size distribution of 
metabolic activity. For untreated there was no change in elasticity over time 
regardless of increasing the particle concentration; whereas, 7.5 min CAP 
treatment had a slight reduction in values compared to the untreated, and the 
15 minute treatment had a general decrease in elasticity with increasing 
concentration of wear debris. Similarly, no changes were observed in the spring 
constant of the cells exposed to untreated UHMWPE, however, 7.5 minute CAP 
treatment demonstrated an overall increase in spring constant of the cells with 
increasing concentration; the same was true for 15 minute treatment. These 
results demonstrate that the cells exposed to CAP treatment become more 
rigid, which could be attributed to the demise in adhesion post CAP treatment. 
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The above investigation demonstrates that MSCs physical and not only 
biological changes take place and these govern the cells characteristics. Thus, 
this study can aid in further understanding of the role played by wear debris and 
the reaction of cells near implantations and evaluate the effect of a wear 
performance enhancing processes such as CAP on the biological 
consequences of the wear generated.   
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8.1  Abstract  
Periprosthetic osteolysis and implant loosening are the outcomes of wear debris 
generation in total joint replacements. Although total joint replacement (TJR) are 
required to withstand impact of daily loading, articulation cycles and even 
abrasive corrosive environments, wear debris is produced from the continuous 
abuse of the joint over its lifetime. Wear debris formed from the implanted 
materials consisting of metals, polymeric, ceramic and bone cement initiate the 
immune system. Once the immune system has been provoked by the foreign 
particles, a cascade of major cell types within the interfacial granulomatous 
fibrous tissue are stimulated to act. Cells including fibroblasts, macrophages, 
lymphocytes, and foreign-body giants aid in the removal and destruction of 
external threats. From this immune response, normal cells may be caught in the 
hysteria of the fray or can even uptake the wear debris. Often osteoblasts, the 
principal cell type in bone tissue adjacent to the prostheses, are directly 
impacted. Osteoblasts are responsible for maintaining physiological bone 
remodelling choreographing a balance of bone formation and resorption with 
osteoclasts. 
In this study, for the first time, the influence of Cobalt, Titanium and PMMA bone 
cement particles of different sizes, charges and compositions on mouse 
osteoblast adhesion,  nanomechanics (elasticity and spring constant), and 
metabolic activity (MTT)  were investigated. These studies were accomplished 
by performing osteoblast mineralisation experiments and uptake of particles by 
the osteoblasts after exposure to particles at defined time points. Understanding 
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these processes is critical to expanding our knowledge of implant loosening and 
elucidating the nature of prosthetic joint failure.  
8.2  Introduction 
Other than the onset of an infection, deterioration of the material components of 
an implanted biomedical device is a major complication in total joint arthroplasty 
(TJA), which coincides with a biological response to the particles released from 
the damaged device. As people are generally living longer, then it is necessary 
for biomedical implant longevity to also rise with the aging population. Yet, 
aseptic loosening has been reported to mature within 15-20 years post total 
joint replacement surgery [1], and is inevitable.  
Aseptic loosening is debilitating to patients [2] and results from the subtle wear 
of the articulating surfaces from every day movements experienced during 
simple activities such as walking. The major implication of the slow destruction 
of the materials is that signs and symptoms of the damage do not present 
clinically until late stages of implant failure. Furthermore, the biological 
response, or the destruction of the periprosthetic tissue i.e. osteolysis, is a 
result of an inflammatory response due to the defence mechanisms of the 
immune system responding to the wear debris [3, 4]. Initially the foreign 
particles are phagocytosed by macrophages which governs the release of 
proinflammatory cytokines [5]; as the proinflammatory cascade continues the 
cellular mediators, cytokines, activate osteoclasts, precursor cells of 
hemopoietic lineage leading to differentiation, and maturation [5-7]. In turn these 
defence cells inhibit and suppress differentiation and proliferation of 
osteoprogentitor cells, and therefore the function of osteoblast cells, even 
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causing apoptosis [5]. Further resorption occurs due to the release of 
inflammatory mediators which directly act on bone; this constant bombardment 
in a hostile environment eventually disrupts the normal homeostatic balance of 
bone degradation and renewal or formation resulting in osteolysis and aseptic 
loosening [5, 8, 9] from the accumulation of wear debris. 
These biochemical interactions are widely available in the literature [2, 10-12] 
defining certain cellular pathways; and depend on the type, size, and number of 
wear particles [13]  Simultaneous to these biological responses, cells may 
undergo mechanotransduction and adhesive changes [14, 15]. These changes 
will naturally take place within cells as cells are living entities that possess 
structural, as well as physical properties; there are these characteristics that aid 
in cells survival enabling them to withstand physiological changes to their native 
environment, such as mechanical stimuli that may occur internally and 
externally to the body [16]. Any disruptions to the usual characteristics of the 
cell will upset its integrity and biological function [14, 16].  For example, 
osteoprogenitor cells can sense the rigidity of their surroundings responding by 
regulating their shape, internal cytoskeletal tension, stiffness and thereby 
proliferation [14]. It is important to note that cells simultaneously detect stress 
(force/area) and strain (deformation) both internal and external physiological 
changes [16]; thereby responded to sensitive changes in force, stiffness and 
adhesion [14]. Yet these physical characteristics have been side lined to 
biological responses for many years, and only recently have been thought of as 
contributing factors of pathologies, with the notion that mechanical signals 
eventually are converted to biological and chemical stimuli in cells governing the 
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growth, differentiation, migration, and apoptosis of cells, which are also 
influenced by changes in cell shape and the structural integrity [16]. 
With enhanced microscopy techniques such as the atomic force microscope 
(AFM), detailed quantitative analysis of the nanomechanical and adhesive 
characteristics these characteristics can now been investigated [14, 15]. As 
cells do not only respond to external forces but internal responses too, some 
responses may even overcome chemical stimuli which in turn could have similar 
outcomes to the function, proliferation, differentiation and apoptosis of cells [14, 
15, 17].The function and integrity of cells is governed by their cytoskeleton 
which is responsible for their structural and mechanical properties [15, 18, 19]. 
For instance, following a TJA bone remodelling cells also adapt not only to the 
biological changes but to an altered mechanical environment [20], which is a 
direct effect on the redistribution of load, and inherently stress, especially when 
the femoral head is replaced in a hip replacement [20]. Stress shielding was 
introduced by coatings and cemented stems of the implant device, yet this 
material also produces wear debris as Poly(methylmethacrylate) PMMA a 
commonly used material for cemented prosthetic implants [20]. 
Furthermore, bone cells such as osteoblasts are essential in bone remodelling 
and osseointegration of the biomedical implant [21-23]. Adhesive properties of 
cells are therefore required to establish this integration is successful, as well as 
the biocompatibility of the implanted device material which is essentially the 
substrate for these osteoblast cells [21]. Cells tend to adhere and spread better 
to rigid substrates [15] but spreading also increases cortical stiffness due to up-
regulated cytoskeleton contractiles [15, 24]; moreover, if adhered to rigid and 
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uniform surfaces then cells sense their shape and may respond in an apoptotic 
pathway. This ability to determine and maintain a stable form is due to the fact 
that cells have both elastic and viscous properties [24] which govern the way in 
which a cell will interact with mechanical signals to aid in its survival and 
function. For example, cells stiffness will increase non-linearly with large 
external forces which actively generates internal contractile tension which pulls 
on its substratum or on neighbouring cells [24-26]. Internal tension control 
allows cells to finely tune their own stiffness and is determined by the actin 
cytoskeleton [24]. It is therefore important to produce a quantitative model for 
cell material properties to gain further understanding in the mechanics and 
mechanotransduction characteristics [24]. 
In vitro cultures of rodent osteoblasts are an important method in research in 
studying the regulation of cells function [27]. For example, murine models are 
commonly used for studying implant loosening as these models are 
advantageous in identifying underlying biological mechanisms [5]. These cell 
types allow for reliable, and simple application for differentiation and bone-
forming activities enabling direct studies using mouse osteoblasts [27], and are 
often applied to in vitro studies due to the limitation of primary human 
osteoblasts available [28]. Mouse osteoblasts have greatly improved the 
understanding of cell differentiation, cytokine and hormonal regulation, 
synthesis of proteins, molecular mechanisms of bone pathologies, as well as 
cytocompatibility and osteogenicity of biomaterials [28]. For instance murine 
osteoblast cells can synthesise extracellular matrix under the presence of 
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phosphate substrates producing a tissue resembling woven bone ultrastructure 
[28, 29]. 
This study aims to premier the influence of metal and bone cement particles on 
mouse osteoblasts to determine their adhesive, nanomechanical and metabolic 
activity post exposure to these particles of various sizes, charges, compositions 
and concentrations.  
 
8.3  Methods and Materials 
8.3.1  Cell Culture 
Murine MC3T3-E1 osteoblasts cells (Sigma, UK) were routinely cultured in α-
MEM (Minimum Essential Medium) (Life Technologies), supplemented with 
10% (v/v) FBS (Foetal Bovine Serum), 1% (v/v) of solution penicillin (5000 U/ml) 
and streptomycin (5000 mg/ml) (Gibco Invitrogen). Trypsin (Gibco Invitrogen) 
was used when cells were 70% confluent in order to passage and count. The 
cells were maintained at 37° C in a humidified atmosphere containing 5% CO2.  
For atomic force microscopy experiments, cells were seeded in 24-well plates at 
a density of 6000 cells per well and cultured for 24 hours on sterilised 
polystyrene slides placed inside the well before exposure to particles. For each 
type of particles a stock solution of the particles suspended in culture media 
was prepared at 5 mg/ml and appropriate amount was added to each well to 
reach final concentrations of 5; 12.5; 25 and 50 µg/ml for Co and Ti 
nanoparticles and 5; 25, 50, 100 and 200 µg/ml for PMMA bone cement 
particles and incubated from 24h up to 3 days. Control samples consisting of 
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cells not exposed to particles and cultured in the same conditions were used for 
comparison with treated cells. 
For the MTT assay, osteoblasts mineralisation ability and cell uptake 
experiments the cells were cultured as described above. 
8.3.2  Particles 
Commercially available nanoparticles were obtained of various sizes and 
compositions from Sigma Aldrich, UK. For Cobalt (Co) nanoparticles (NPs), two 
samples were employed:  
 Co elemental, 30nm diameter (referred as ‘Co 30nm’ throughout the 
text);  
 Co (II,III) oxide, 50nm diameter (referred as ‘Co 50nm’ throughout the 
text).  
Three samples of Titanium (Ti) were employed:  
 Ti elemental, 30nm diameter; 
 Ti (IV) oxide anatase, 25nm diameter; and  
 mixture of Ti (IV) oxide rutile and anatase, 100nm diameter  
They are referred to as ‘Ti 30nm’, ‘Ti 25nm’ and ‘Ti 100nm’, respectively, 
throughout the text.  
Polymethyl-methacrylate (PMMA) bone cement particles were generated using 
a single station pin on plate in-house built wear simulator under constant load 
applied under lubricated conditions as detailed [30]. PMMA pins for the wear 
process were prepared from PMMA bone cement formulation according to the 
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procedure [31, 32]. Briefly it is described here. PMMA  bone cement were 
obtained by manual mixing the powder phase consisting of poly-methyl-
methacrylate (4.1 g), barium sulphate (0.46 g), benzoil peroxide (0.1 g) and 
liquid monomer phase consisting of Methyl-methacrylate (1.96 g) and N-N 
Dimethyl-p-Toludine (0.04 g) under constant stirring until the powder was fully 
wetted. The mixture was subsequently inserted into the mould at an 
approximate dough time of 1 minute. The filled mould was pressed between two 
glass plates for 1 hour. After the cement had hardened, it was pulled out from 
the mould and stored under dark, sterile conditions at room temperature. Prior 
to wear experimentation bone cement specimens were conditioned at 37°C for 
24 hours. 
All particles were weighed and suspended in α-MEM medium to make a stock 
suspension of particles of 5mg/ml. From this stock solution, a number of 
particles concentrations (5 µg/ml; 12.5 µg/ml; 25 µg/ml and 50 µg/ml of Co or Ti 
nanoparticles or 5 µg/ml; 50 µg/ml; 250 µg/ml; 500 µg/ml and 1000 µg/ml of 
PMMA bone cement particles) were prepared.  
8.3.3  Metabolic activity assay 
MTT (3-(4,5-dimethythiazol-2yl)-2,5-diphenyltetrazolium bromide) assay was 
used to determine the effects of the metal and PMMA bone cement particles on  
mouse osteoblast (MC3T3)  cells viability. It is a colorimetric assay of cell 
viability and depends on the metabolic activity of the cell as rapidly dividing cells 
exhibit high rates of MTT reduction. Cells were initially cultured and exposed to 
particles as stated above in a 24-wells plate; after the chosen exposure to 
particles, the media was replaced with phenol red-free medium and 80 µl of 
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MTT stock solution (5mg/ml) was added to each well and incubated at 37oC in 
humidified atmosphere containing 5% CO2 for 2 hour. The metabolised MTT, 
formazan, was re-suspended with 800 µl of dimethylsulfoxide (DMSO). 200 µl 
were transferred to a 96-well plate absorbance at 560nm was read using a 
spectrophotometer (ELISA Reader Labtech LT-5000MS). All experiments were 
performed in triplicates with each concentration (5, 12.5, 25 and 50 µg/ml) for 
metal nanoparticles and (5 µg/ml;  25 µg/ml; 50 µg/ml; 100 µg/ml and 200 
µg/ml) for PMMA bone cement particles as well as a control sample of cell 
suspension not exposed to particles (untreated cells).  
8.3.4  Osteoblast mineralisation 
Mouse osteoblast (MC3T3-E1) cells were grown with metal (Co or Ti) 
nanoparticles or PMMA bone cement particles for the period of 21 days. 
Particles treatments in medium were changed every 3rd or 4th day. On day 21 
all of the media was removed from the wells, and was replaced with 100µl of 
gluteraldehyde (Sigma Aldrich, UK) 10% (v/v) in phosphate buffer solution 
(PBS) and incubated for 10mins. The gluteraldehyde was then removed from 
each well. Each well was washed three times using 100μl of PBS. 100μl of 
alizarin red staining (ARS) (Sigma Aldrich, UK) 1% (v/v) was pipetted into each 
well and incubated for 20mins. The ARS was completely removed and each 
well was washed with Milli-Q water. 100µl of acetic acid 10% (v/v) was added to 
each well and incubated for 30mins. 50μl samples from each well were taken 
and transferred into a fresh 96 well plate. The absorbance was measured with 
Labtech-LT5000MS ELISA reader, the measurement was performed at 
wavelength 405nm [33].  
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All experiments were performed in triplicates with each concentration (5, 12.5, 
25 and 50 µg/ml) for metal nanoparticles and (5 µg/ml; 25 µg/ml; 50 µg/ml; 100 
µg/ml and 200 µg/ml) for PMMA bone cement particles as well as a control 
sample of cell suspension not exposed to particles (untreated cells). 
8.3.5  Zeta potential and size of particles measurements  
Particles size was measured through dynamic light scattering (DLS), zeta 
potential of nanoparticles was measured using laser doppler micro-
electrophoresis which calculates the electrophoretic mobility to evaluate the 
zeta potential. Both characterisations were carried out using Malvern Zetasizer 
Nano ZS Nano series (Malvern, UK). All measurements were performed on Ti 
or Co nanoparticles or PMMA bone cement particles suspensions at 5µg/ml 
prepared from a stock solution of 5mg/ml. 
PMMA debris were imaged after gold coating for 15 seconds using a sputter 
coater from Agar (Model 109A, Standsted, Essex, UK), with a mixture of Gold 
and Palladium (80% and 20%, respectively) in Argon. Once coated, SEM 
(XB1540, Carl Zeiss (Gemini, Oberkochen, Germany) was used to obtain 
images. Size determination was performed using ImageJ software determining 
the diameter of a circle with the same projected area of the particles. 
8.3.6  Cell nanomechanical properties measurements  
All AFM force measurements were conducted in an open liquid cell as 
described in [34], using PBS as the aqueous phase. A triangular tipless 
cantilevers (Bruker, UK) with a nominal spring constants (Kcantilever) of 0.1 N/m 
was used; the actual spring constant of the AFM cantilever was determined 
using the Sader method [35, 36]. Borosilicate glass beads (10 m in diameter) 
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were glued onto the cantilever and served as cell indentors. In order to prevent 
indentations depth greater than 400-500 nm, the maximum applied load was 
set, after preliminary tests, to 1 nN or 2 nN depending on the samples. At least 
15 cells were analysed for each sample, at each concentration of particles and 
at each time point (24, 48, and 72 hours). Cells were first located and then at 
least 20 approaching and retracting z-piezo coordinates vs. deflection curves 
were extracted from randomly selected points on the surface of each cell 
avoiding the peri-nuclear region. Experiments were performed in triplicates. 
8.3.6.1  Cell elasticity and spring constant determination 
The approaching part (trace) of the AFM curves was used to calculate the 
nanomechanical properties of the cells. The Young modulus of the cell surface 
location under investigation was determined fitting the Hertz model (Eq. 8-1) to 
the first part of the indentation vs. force curve after contact between AFM tip 
and cell surface. 
 
3
2
2-1
E
  
3
4
 =F 

R  (8-1) 
Where: 
F = force recorded by AFM 
E = Young modulus 
R=  radius of the spherical indentor (5 m) 
 = Poisson ratio (assumed 0.5) 
 = indentation depth 
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The spring constant of the cell surface in the location probed was determined 
through the slope of the curve after the Hertzian regime according to: 
b =F k  (8-2) 
Where: 
F = force recorded by AFM 
Kb = spring constant of the cell 
 = indentation depth 
 
Both models require the determination of the separation between cell surface 
and AFM tip (), this was calculated from the coordinates (z-piezo) of the trace 
curve assuming that the point of contact corresponded to the local minimum of 
force; from this: 
cantdzz  0  (8-3) 
Where: 
z0 =  z-piezo value of the minimum of the trace curve 
z =  z-piezo value of the trace curve 
dcant =  cantilever deflection 
 = indentation depth 
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and 
cantCantilever dKF    (8-4) 
 
Both Eq. 1 and 2 were fitted to the data using the least squares method through 
an in-house written FORTRAN code.  
Overall surface heterogeneity of nanomechanical properties was studied 
through the spatial distribution of E and Kb. 
8.3.6.2  Cell Adhesion force 
The adhesion forces between a cell and AFM tip were determined as the 
minimum value of the retracting (retrace) part of the AFM curve. 
8.3.7  Cell metal (Co or Ti) and Ba uptake quantification 
Quantification of the cells uptake of the metal (Co and Ti) nanoparticles and 
PMMA bone cement (through Ba determination) particles was gained by using 
inductively coupled plasma-mass spectroscopy (ICP-MS). The cells were grown 
and exposed to the particles according to procedure described in section “Cell 
Culture”. At the 24 hour period, all media was removed from each well, cells 
were washed twice with sterile PBS, and 500μl of sub-boiled nitric acid (1:1) 
was added to each well. The 24-well plate was then placed in an incubator for 
24 hours at 60°C in order to digest the cells. After 24 hours in the incubator, 
from each well 400μl of the solution was transferred into a 15 ml polypropylene 
tube and filled to a total volume of 8 ml with Milli-Q water. ICP-MS analysis was 
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carried out at sample rate of 1.5 ml/min and at characteristic wavelengths of 
288.616 nm, 334.940 nm and 233.527 nm for Cobalt, Titanium and barium ion 
determination, respectively, on the Optima 2100DV OES (Perkin Elmer, 
Waltham, MA, USA) against the Primar 28 element standard. 
All experiments were performed independently at least 3 times, and each 
experiment comprised 3 parallel samples. Results are given as mean ± 
standard deviation. 
8.3.8  Statistical analysis 
Comparison of the effect of Ti, Co and PMMA bone cement particles on 
mechanical properties of mouse osteoblast (MC3T3-E1)  cells was performed 
through ANOVA test followed post hoc by Tukey’s test individual pairs of data 
sets (p<0.05). Adhesion forces were compared using the Kruskal-Wallis test 
followed post hoc with a Dunn’s test for individual pairs of data sets. Statistical 
analysis was performed using SPSS.   
 
8.4  Results 
8.4.1  Size and Charge of particles 
The zeta potentials of all nanoparticles and cells are given Table 8-1. All 
particles, metals and PMMA, had negative zeta potentials. Both compositions of 
Cobalt nanoparticles had negative potentials of around -20mV, whilst 30nm 
Titanium nanoparticles displayed the lowest overall negative charge at -44mV. 
The smallest sized (25nm) and largest Titanium nanoparticles (100nm) had 
similar values at around -27mV. PMMA particles also had a negative potential 
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of -12mV. An example of PMMA wear particles image is shown in Figure 8-1, 
the shape did not appear spherical and the equivalent diameter was about 5 
microns. 
 
 
 
 
Table 8-1. Zeta potential of particles employed and pH of MC3T3-E1 media 
solution containing them. 
Particles pH 
Zeta Potential 
(mV) 
Size (nm) 
Co 25nm 8.33 -19.4±1.0 27.3±2.1 
CoO2 50nm 7.19 -20.4±0.8 49.3±0.6 
Ti 30nm 7.07 -44.7±1.9 27.7±3.5 
TiO2 100nm 7.15 -28.9±1.7 99.0±2.6 
TiO2 25nm 7.16 -26.8±0.5 27.7±2.3 
PMMA bone cement 7.17 -12.1±0.8 5.2 ±1.8 103 
Mouse Osteoblasts  -9.28±0.7  
 
 239 
 
Figure 8-1. Examples of SEM image of PMMA wear debris. Bar correspond to 1 
microns. 
Mouse osteoblasts in growth medium suspension also exhibited negative zeta 
potentials of -9mv.  
8.4.2  Metabolic activity 
MTT was used to assess the metabolic activity of mouse osteoblasts. The 
metabolic activity gradually declined with time over a 72 hour period with Cobalt 
nanoparticles, with a greater decrease observed with elemental nanoparticles of 
Cobalt shown in Figure 8-2. There was a general reduction in overall metabolic 
activity with increasing concentration for both compositions of Cobalt 
nanoparticles. Results for the control sample over the 3 days remained 
consistent at around 1.8 OD; for Co 30nm, there is a deep decline in metabolic 
activity with the lowest concentration of only 5 μg/ml for all time points, reducing 
to around 1.3 OD, this reduction continued  with increasing concentration to 
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around 1.0 OD for Co 30nm. For Co 50nm at 24 hours the decrease in 
metabolic activity was not as pronounced as for Co 30nm; however, for 48 
hours and 72 hours metabolic activity for Co 50nm resembled that of Co 30nm. 
Similarly with Titanium nanoparticles exposure (Figure 8-3), control samples 
remained constant over 72 hours at around 1.8 OD; after 24 hours a general 
decline in metabolic activity was observed with increasing concentration of 
nanoparticles. Initially at 24 hours the smallest Titanium particle of 25nm had 
the greatest decrease in metabolic activity to 1.2 OD with the lowest 
concentration of particles at 5 μg/ml. Titanium 100nm demonstrated the highest 
overall reduction compared to Titanium 25nm and 30nm, with the lowest 
metabolic activity of 1.0 OD at a concentration of 50 μg/ml at 24 hours. No 
effect was observed after 48 hours for Titanium 30nm with a similar metabolic 
activity to the control; yet both Ti 25nm and Ti 100nm reduced the metabolic 
activity to 1.4 OD at the lowest particle concentration of 5 μg/ml, with a 
continued decline with increasing concentration up until 25 μg/ml particle 
concentration, with an increase at 50 μg/ml to 1.6 OD and 1.7 OD for Ti 25nm 
and Ti 100nm respectively. For 72 hours the same pattern was demonstrated 
i.e. a slight reduction was observed from the control cells for all Ti nanoparticles 
concentrations, however little or no change in metabolic activity was observed. 
Metabolic activity for PMMA, Figure 8-4, was also recorded, and control values 
were all consistent over 3 days at 1.8 OD. A general decrease in metabolic 
activity is observed with increasing concentration of particles; at 24 hours the 
lowest decrease of activity was observed at 25 μg/ml particle concentration, 
with no significant increase thereafter. Similarly, at 48 and 72 hours the lowest 
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metabolic activity was recorded at 25 μg/ml at around 1.5 OD. Concentrations 
higher than 25 μg/ml plateaued and no change was observed. This pattern was 
also displayed at 48 hours with a general reduction in metabolic activity with 
increasing concentration, however, concentration greater than 25 μg/ml did not 
further decrease as expected with the metal nanoparticles. At 72 hours PMMA 
exposure, a similar decline in metabolic activity was observed which continued 
after a concentration of 25 μg/ml.   
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Figure 8-2. MTT results of MC3T3-E1 cells exposed to Cobalt nanoparticles for 
(a) 24h, (b) 48 h and (c) 72 h.  
                                  Control          Co 30 nm          Co 50 nm     
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Figure 8-3. MTT results of MC3T3-E1 cells exposed to Titanium nanoparticles 
for (a) 24h, (b) 48 h and (c) 72 h.   
           Control             Ti 30 nm            Ti 25 nm            Ti 100 nm 
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Figure 8-4. MTT results of MC3T3-E1 cells exposed to PMMA particles for (a) 
24h, (b) 48 h and (c) 72 h.                   
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8.4.3  Osteoblast mineralisation ability 
Alizarin red assay was used to determine the production of calcium after 21 
days of particle exposure (Figure 8-5). Control remained at around 1.2 OD. 
After 21 days, Ti 30nm particles caused a reduction in calcium production with a 
recorded value at 0.9 OD for particle concentration of 5 μg/ml, which continued 
to reduce to 0.8 OD at 12.5 μg/ml. Production then increased after a 
concentration of particles at 25 μg/ml. For Ti 25nm, there was an initial increase 
in calcium production with a value of 1.3 OD for a particle concentration of 5 
μg/ml with a decrease as the concentration increased to 1.0 OD at a particle 
concentration of 50 μg/ml. Similarly to Ti 30nm particles, the Ti 100nm particles 
had similar values at a concentration of 5 μg/ml at around 0.9 OD, however, 
there was a slight increase to 1.1 OD at a concentration of 12.5 μg/ml, and 
again a reduction in values to 1.0 OD was recorded at 50 μg/ml. Cobalt 30nm 
particles had no great change on absorbance levels with a slight increase at 
12.5 μg/ml particle concentration to 1.3 OD with a continuous decrease with 
increasing particle concentration of 50 μg/ml to 1.1 OD. Again for Co 50nm, an 
increase was recorded at 1.3OD at 12.5 μg/ml, however this continued to 
decrease with increasing concentration to 1.0 OD. 
For PMMA wear debris, an initial decrease was observed from around 1.1 OD 
at 5 μg/ml to 1.0 OD at a particle concentration of 25 μg/ml, from here a spike 
increase was recorded for 50 μg/ml concentration to over 1.6 OD, however the 
usual decrease was observed with increasing concentration to 1.2 OD at a 
particle concentration of 200 μg/ml. 
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Figure 8-5. Osteoblast mineralisation ability after exposure to Titanium (a) 
Cobalt (b) and PMMA particles (c). 
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8.4.4  Nanomechanical properties 
Elasticity data for Titanium and Cobalt is given in Figure 8-6 and Figure 8-7, 
respectively; and the spring constant information for Titanium and Cobalt 
treatments is shown in Figure 8-9 and Figure 8-10, respectively. Each graph 
represents all time points that were measured at 24, 48, and 72 hours.  
At 24 hours for cells exposed to Titanium (Figure 8-6) the elasticity for all sizes 
of Titanium particles used generally increased with increasing concentration. All 
control samples i.e. cells not exposed to any particles remained constant over 
the 3 day period with an elastic value of around 28 kPa. Comparing each size 
against this value demonstrated that at the lowest concentration of 5 µg/ml and 
12.5 µg/ml for Titanium elemental the elastic values were unchanged at 30 kPa, 
this dropped slightly at 25 µg/ml to 24 kPa, however, at the highest 
concentration the elastic modulus increased to 32 kPa. For both Titanium oxide 
particles, 25nm and 100nm, had a more pronounced increase in elasticity with 
increasing concentration. For 5 µg/ml, both oxides had an elastic moduli at 
around 20 kPa, this increased to 36 kPa for Titanium 25nm and to 24 kPa for 
100nm at 12.5 µg/ml concentration. At 25 µg/ml the smallest sized particle gave 
the biggest increase to 40 kPa whereas the Titanium 100nm increased to 36 
kPa. The increase continued for Titanium 25nm to 44 kPa, but decreased for 
Titanium 100nm to around 20 kPa at a concentration of 50µg/ml.  
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Figure 8-6 Mean cell elasticity of MC3T3-E1 cells exposed to Titanium 
nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.     
        Control                Ti 30 nm               Ti 25 nm             Ti 100 nm 
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Figure 8-7. Mean cell elasticity of MC3T3-E1 cells exposed to Cobalt 
nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.     
               Control             Co 30 nm            Co 50 nm 
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Figure 8-8. Mean cell elasticity of MC3T3-E1 cells exposed to PMMA particles 
for (  ) 24h, (  ) 48 h and (  ) 72 h. 
 
 
Over time, at 48 hours, an increase in elasticity is clearly demonstrated 
especially for Titanium elemental and Titanium 25nm, however little change is 
seen with the largest particles of 100nm. For Titanium elemental, 30nm 
particles, there is a slight decrease with the initial concentration with an elastic 
value at 20 kPa compared to the control, this then increases dramatically to 40 
kPa at a concentration of 12.5 µg/ml; at 25 µg/ml a small increase is observed 
to 48 kPa, and to 52 kPa at a concentration of 50 µg/ml. Similarly, for Titanium 
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25nm a general increase with increasing concentration is observed, however, 
the initial value of elasticity at a concentration of 5 µg/ml increases instead of 
decreases to 40 kPa compared to the control value. This trend continues with 
another jump in elasticity to 52 kPa at 12.5 µg/ml; 56 kPa at 25 µg/ml, and at 
the highest concentration at 50 µg/ml had an elastic value of 60 kPa. A different 
story is seen however with Titanium 100nm as no change is observed with 
increasing concentration and elastic values remained consistent at 28 kPa. 
After 72 hours of exposure, an increase in elasticity is seen with increasing 
concentration but is not as pronounced as 48 hours of exposure. For Titanium 
30nm had an elastic value of 20 kpa at 5 µg/ml, which increased slightly to 24 
kPa at 12.5 µg/ml; at 25 µg/ml a last increase was observed to 28 kPa which 
remained for a concentration of 50 µg/ml.  
Elasticity results for Cobalt nanoparticles are given in Figure 8-7. Over all three 
time points: 24, 48, and 72 hours, the elasticity results for the control cells 
remained consistent at around 25 kPa, shown with white columns. For Cobalt 
elemental particles at 30nm, there is no change in elasticity at a concentration 
on 5 µg/ml, following this, a decrease in elasticity was seen with an increase in 
concentration to 22 kPa at a concentration of 12.5 µg/ml and at 25 µg/ml; 
however, the elasticity peaks to 34 kPa at the highest concentration at 50 µg/ml. 
On the other hand for Cobalt 50nm particles, the lowest concentration of 5 
µg/ml increased in elasticity to 36 kPa, a reduction in elasticity is observed with 
increasing concentration to 28 kPa for a concentration of 12.5 µg/ml and 50 
µg/ml with a slight increase in elasticity at 25 µg/ml to 35 kPa at 24 hours.  
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After 48 hours exposure, again the lowest concentration of 5 µg/ml had no 
change for Cobalt elemental compared to the control, a slight reduction is seen 
with increasing concentration for 12.5 µg/ml, and 25 µg/ml, and a rise in 
elasticity to 32 kPa. The larger particles, Cobalt 50nm, demonstrated a 
reduction in elasticity to 24 kPa for both 5 µg/ml and 12.5 µg/ml, this increased 
after a concentration of 25 µg/ml to 28 kPa and to 36 kPa for 50 µg/ml. 
At 3 days of exposure to the Cobalt nanoparticles, a drop in elasticity values 
were seen for both sized particles to 20 kPa at 5 µg/ml and 12.5 µg/ml 
concentrations. After a concentration of 25 µg/ml both elasticity values for both 
Cobalt nanoparticle sizes increased to 25 kPa and remained at this value for a 
concentration of 50 µg/ml. 
The influence of PMMA bone cement debris on osteoblast nanomechanical 
properties is shown in Figure 8-8; after 24 hours exposure the elasticity of cell 
was reduced to about 14 kPa for concentrations greater than 5 g/ml; no 
statistical differences were determined for concentrations of PMMA debris in the 
range 25 to 200 g/ml. With increasing exposure time the trend was the same 
as after 24 hours. 
 
 253 
 
Figure 8-9 Mean spring constant of MC3T3-E1 cells exposed to Titanium 
nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.       
           Control             Ti 30 nm           Ti 25 nm             Ti 100 nm  
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Figure 8-10. Mean spring constant of MC3T3-E1 cells exposed to Cobalt 
nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.             
             Control             Co 30 nm           Co 50 nm 
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Figure 8-11. Mean spring constant of MC3T3-E1 cells exposed to PMMA 
particles for (  ) 24h, (  ) 48 h and (  ) 72 h.                         
 
 
For Titanium particles the spring constant values are given in Figure 8-9. 
Similarly to the elasticity values of Titanium, the spring constant values also 
increase with increasing concentration. Again the control values of spring 
constant were consistent over time at around 0.01 N/m. For Titanium elemental, 
the spring constant did not change with increasing concentration with a value of 
around 0.08 given for each concentration; Titanium 25nm however, had the 
same initial value as Ti elemental at 0.08 N/m at 5 µg/ml, this increased to 
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0.012 N/m at 12.5 µg/ml, a large jump in the spring constant was observed at 
25 µg/ml with a value of 0.022 N/m which slightly increased to 0.024 N/m at 50 
µg/ml. Titanium 100nm, had an initial increase from 0.006 N/m at 5 µg/ml to 
0.012 N/m at 12.5 µg/ml; however, this decreased to 0.01 N/m at 25 µg/ml and 
again to 0.006 N/m at 50 µg/ml. 
At 48 hours of exposure to the Titanium nanoparticles, the spring constant 
values for Titanium elemental increased slightly from the control to 0.012 N/m at 
a concentration of 5 µg/ml, which then decreased to 0.006 N/m at 12.5 µg/ml; a 
small increase to 0.008 was observed at 25 µg/ml, but again increased to 0.012 
N/m at 50 µg/ml. For Titanium 25 nm for both 5 and 25 µg/ml the spring 
constant values remained the same at 0.006 N/m, a rise in the spring constant 
to 0.01 N/m at 25 µg/ml was observed which again increased to 0.012 N/m at 
50 µg/ml.  
After 72 hours of exposure, a dramatic increase in the spring constant is 
observed at 5 µg/ml to around 0.026 N/m for the elemental Titanium, with a 
sudden drop to 0.004 N/m at a concentration of 12.5 µg/ml; at 25 and 50 µg/ml 
the concentration increased to 0.014 N/m for both concentrations. For the 
smallest particle of Titanium at 25nm little to no change was observed with 
increasing concentration and the spring constant remained at 0.014 N/m. The 
largest Titanium particles, 100nm, a dramatic increase in the spring constant 
was demonstrated at the lowest concentration of 5 µg/ml at 0.036 N/m; an 
increase to 0.044 N/m was shown for the remaining concentrations at 12.5, 25, 
and 50 µg/ml concentrations.  
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In Figure 8-10, the spring constant data is seen for all time points for both 
Cobalt nanoparticles treatments. At 24 hours, the control adhesive forces 
remained consistent over time at around 0.008 N/m. A slight rise in spring 
constant was observed for the lowest concentration to 0.009 N/m for Cobalt 
elemental which declined to around 0.005 N/m at a concentration of 12.5 µg/ml. 
The spring constant then dramatically increase for the higher concentrations 25 
µg/ml and 50 µg/ml at around 0.015 and 0.017 N/m. For the larger particles of 
Cobalt at 24 hours an increase in spring constant was recorded compared to 
the control to 0.013 N/m for both 5 and 12.5 µg/ml concentrations, this 
decreased at 25 µg/ml to 0.010 N/m; for the highest concentration of 50 µg/ml 
the value increased to that of the lowest concentrations i.e. 0.013 N/m.  
At 48 hours, the spring constant values generally increased with increasing 
concentrations. For the lowest concentration of 5 µg/ml both Cobalt sizes had 
the same value of 0.012 N/m, this initial value increased for the smaller Cobalt 
articles to 0.016 N/m but remained the same for the larger particles of Cobalt. 
Yet for both, spring constant values increased for 25 and 50 µg/ml, for instance, 
Cobalt elemental to 0.018 N/m and 0.019 N/m respectively; and for Cobalt 
50nm to 0.015 N/m and 0.018 N/m, respectively. 
At the longest exposure time of 72 hours, the values were much higher than the 
previous days, for example at 5 µg/ml concentration, the spring constant value 
was at 0.028 N/m for Cobalt elemental this increased to 0.03 N/m at a 
concentration of 12.5 µg/ml. This decreased to 0.026 N/m at 25 µg/ml, which 
again increased to 0.038 N/m at 50 µg/ml. The values for Cobalt 50nm, with an 
initial value of spring constant of 0.036 N/m for 5 µg/ml, increasing to 0.038 N/m 
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for 12.5 and 25 µg/ml concentrations, and a slight increase at 50 µg/ml to 0.04 
N/m.  
The spring constant of osteoblast cells exposed to PMMA debris is presented in 
Figure 8-11 and revealed that only concentrations higher than 100 μg/ml for 72 
hours demonstrated a significant increase of such a parameter. 
8.4.5   Metal uptake 
Uptake data is shown in Figure 8-12 for Titanium nanoparticles, Figure 8-13 for 
Cobalt nanoparticles and for PMMA data is shown on Figure 8-14. Generally 
uptake of nanoparticles increased with increasing concentration, and an 
increase in exposure time also increased the uptake of nanoparticles. Greater 
uptake was noted for Cobalt 50nm compared to Cobalt 30nm by almost three 
fold for the higher concentration of 50 μg/ml after 72 hours of exposure. 
For Titanium nanoparticles, overall uptake was far less than for Cobalt 
nanoparticles, and very little to no uptake was recorded after the initial 24 and 
48 hours of exposure for Titanium 25nm at the lower concentrations, with only a 
small uptake at 50 μg/ml. For Titanium 30nm, uptake was observed by all 
concentrations, which increased similarly to Cobalt nanoparticles with 
increasing concentration and increasing time. Yet, for Titanium 100nm, only 
after 72 hours was any uptake recorded but still followed the same pattern as 
other particles i.e. increased uptake with increasing concentration.  
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Figure 8-12. Metal uptake of MC3T3-E1 cells exposed to Titanium nanoparticles 
at different concentrations for             24 h                  48 h                  72h. 
(a) Ti 25 nm, (b) Ti 30 nm and (c) Ti 100 nm. 
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Figure 8-13. Metal uptake of MC3T3-E1 cells exposed to Cobalt nanoparticles 
at different concentrations for           24 h                  48 h                  72h.  
(a) Co 30 nm and (b) Co 50 nm. 
 
 
PMMA uptake was measured using concentration of barium, as barium is the 
only metal in the PMMA bone cement composition. No uptake was recorded at 
any time point for the lowest concentration of 5 μg/ml. Although, uptake 
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increased with increasing concentration with increasing time points similarly to 
both Cobalt and Titanium nanoparticles. 
 
 
Figure 8-14. Metal uptake of MC3T3-E1 cells exposed to PMMA particles at 
different concentrations for            24 h                  48 h                  72h. 
 
 
8.4.6  Cell adhesion forces 
Both treated and non-treated cells i.e. not exposed and exposed cells to 
particles demonstrated spatial distributions of adhesion forces on the cell 
surface and were not normally distributed Figure 8-15 and Figure 8-16, for 
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Titanium and Cobalt nanoparticles, respectively.  The control sample median 
did not vary with increasing time with a consistent value of around 2 nN.  
Adhesion forces for Cobalt nanoparticles post 24 and 48 hours exposure did not 
differ from each other and demonstrated a general decline in adhesive forces 
with increasing concentration. The lowest values of adhesion were recorded at 
a concentration of 25 μg/ml for all time points. Generally, there was no change 
in adhesion after exposure to either Cobalt nanoparticles with increasing 
concentration as there is little change in the upper and lower quartile range of 
both Cobalt compositions. 
Again, little to no difference in adhesion forces was observed for Titanium after 
24 and 48 hours exposure regardless of composition and size of the particles 
(Figure 8-15). The range of data in this instance did not differ greatly from the 
control. After three days of exposure a decline in adhesive force is observed for 
all Titanium compositions up to a concentration of 25 μg/ml. 
For PMMA, a general decline in cell adhesion forces were observed with 
increasing concentrations of PMMA exposed to cells (Figure 8-17). The lowest 
values of adhesion were observed at the initial 24 hour time point; in this case 
the values of adhesive forces did not differ with increasing concentration of 
PMMA at around 0.5nN. An increase in adhesive forces was demonstrated at 
48 and 72 hour exposure both recording values at 3nN with the lowest 
concentration of 5 μg/ml, to 2nN at the highest concentration of 200 μg/ml. 
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Figure 8-15. Box and whiskers plot of adhesion force distribution of MC3T3-E1 
cells exposed to Titanium nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.             
           control              Ti 25 nm              Ti 30 nm           Ti 100 nm   
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Figure 8-16. Box and whiskers plot of adhesion force distribution of MC3T3-E1 
cells exposed to Cobalt nanoparticles for (a) 24h, (b) 48 h and (c) 72 h.   
           control              Co 30 nm            Co 50 nm 
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Figure 8-17. Box and whiskers plot of adhesion force distribution of MC3T3-E1 
cells exposed to PMMA nanoparticles  
 24h                 48 h                  72 h.   
 
8.5  Discussion 
Total joint replacement (TJR) is ever increasing in a number of cases [1] yet the 
leading cause of failure remains as aseptic loosening second to infection 
problems [1]. Wear debris are the culprit causing aseptic loosening commonly 
occurring within 15 years of surgery [1-3]; the particles produced range in size 
from micron to sub-micron, with the majority of wear formed are less than 5 µm 
in diameter [2], and it’s thought that the nano-sized range are potentially the 
most harmful range due to their increase in free radicals production and 
chromosomal damage [13, 37]. Commonly, these particles or wear debris 
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originate from ceramic, metal or polymeric materials [10]; for instance, metals 
commonly used include Titanium, Cobalt, and their oxides. The size, shape, 
charge, composition and concentration range of the particles used in this study 
correspond to retrieved particles from explants, as well as demonstrating 
cellular response [2]; for example Cobalt wear debris has been noted at around 
50nm, and Titanium has been found in a range of sizes up to a few hundred 
nanometres [38]. From abrasion, adhesion and fatigue, wear particles of PMMA 
bone cement were found to have a median equivalent circle diameter (ECD) i.e. 
the diameter of a circle having the same area as the measured feature, was 
between 0.65 and 1.51 μm [39]; however, many particles were around 10μm, 
with 67% to be in the submicron range in size. The size of the particles is of 
importance as it has been previously proposed that phagocytosis has been 
recognised as an important cellular uptake mechanism [2]. Another study by da 
Rosa (2013) [40] decided to observe the changes to cells with Titanium 
particles and the effect of the aggregation may have on the cells [40]. Generally, 
Titanium is biocompatible, but its length and chemical nature of their aggregates 
have been linked to toxicity [40, 41]. 
In this work, we considered physico-chemical, surface parameters of the metal 
(Co and Ti) and PMMA bone cement particles (such as: particle size and 
charge) and material (particle chemical composition and its nature) on 
nanomechanical, adhesive properties and calcium production ability of mouse 
osteoblasts (MC3T3-E1) cells.  
PMMA wear debris have been shown to be larger in size (in the order of 
microns) than other metal debris and with non spherical shape [38]; so the 
 267 
PMMA debris generated and employed in this work are in agreement with this 
previous findings in both size and shape. 
Some studies have demonstrated that cells such as osteoblasts have 
incorporated ionic Cobalt and chromium [42]. This has been achieved through 
phagocytosis of particles less than 1 µm, suggesting that particles isolated and 
retrieved from revision tissues including Titanium can incorporate with 
osteoblast-like MG63 cells [43, 44]. Generally the first stages of initiating an 
adverse effect begins with the phagocytosis of the particles by the cells, and 
has been visually demonstrated using polystyrene-based fluorescent particles, 
such as Fluoresbrite, and are internalised within 24 hours of in vitro exposure, 
with cells being saturated with around 40-60 particles/cell [44].  
Many techniques [21, 45-48] have been used to measure the viscoelastic 
mechanical properties of single cells which includes micropipette aspiration, 
cytoindentation, magnetic bead rheometry, optical traps, and AFM [45]. For 
mesenchymal stem cells, Darling et al. (2008) [45], tested whether elastic and 
viscoelastic properties indicates the cells phenotype, using AFM with a 
borosilicate functionalised tip at a similar spring constant to that used in our 
study, of around 0.04 N/m. Similarly, Bhadriraju and Hansen (2002) [49] used a 
small spring constant of 0.06 N/m to investigate the stiffness and spreading 
changes of cells using AFM [49]. In both these work, the elastic modulus was 
modelled using Hertz model of contact [45] 49], as employed for our 
investigation. Interestingly, Darling et al. (2008) [45] also found the elastic data 
to have a not normal distribution and that the osteoblasts demonstrated the 
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largest elastic moduli and no difference in lineage was noted from the 
viscoelastic properties. 
Generally, when spread, cells are stiffer [45], in  this study osteoblasts had the 
greatest increase in average elastic moduli from spherical to spread. This notion 
correlates with the increase in the elastic modulus of the cells in our study over 
time, for example, the control samples had an elasticity value of around 20 kPa 
which increased to 60 kPa over time with increasing concentration; as well as 
the alterations in spring constant of the cells from 0.008 N/m for the control cells 
to around 0.04 N/m for treated cells, demonstrating differences in the 
mechanical properties of the cell post exposure to nanoparticles. From Darling 
et al (2008) [45] study has proven useful in utilising these mechanical properties 
of cells to use as biomarkers for their phenotype and tissue of origin [45].  Two 
configurations of cells were used short seeding to test the sphericity of the cells 
and long seeding to understand the morphology of spread cells, but no 
significant differences were observed which may be due to similarities in 
cytoskeletal architecture for the spherical cells. However, in the spread 
morphology demonstrated differences due to the anchored cytoskeleton 
structures [45]. This has also been observed by Thoumine et al. (1999) [46] who 
concluded that through analysing the cell rheology and structure assumed that 
the stiffening of cells upon spreading was due to structural organisation 
changes of the cytoskeleton [46, 50]. 
Cell elasticity is closely linked to the cytoskeleton changes [46], and in this 
study it was observed that that Titanium demonstrated an increase in elasticity 
suggesting interactions with the network of stress fibres as explained by 
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Thoumine et al (1999) [46], and disruptions to the membrane integrins of cells, 
forming complex disturbances to the original form which contributes to the cells 
rigidity [46, 51]. This could explain the changes observed in the elasticity 
modulus of the osteoblast cells, with Cobalt and Titanium nanoparticle 
exposure; there was a general increase in the elastic modulus with time 
demonstrating that cells become stiffer. Following from this, measurements of 
the cell rigidity were collected by the amplification of aspiration pressure needed 
to deform the same length of cytoplasm drawn into the micropipette [51], finding 
that cells exposed to Titanium required two-fold the amount of aspiration 
pressure compared to untreated cells, therefore the overall rigidity of the cells 
exposed to wear debris increased the stiffness of the treated cells. It is 
explained [52] that disruptions to the cytoskeleton organisation impacts on the 
expression of transcription factors and osteoblast-specific genes in osteoblasts 
[52], as well as influencing cell behaviour. Similar values in stiffness were 
observed [49] when changes in the actin and myosin activity were investigated 
in relation to the changes in shape of the cell  at around 20 kPa [49]. The 
changes in stiffness are due to the adaptation of the cells to the stress stimuli 
introduced by the environment when the cells are exposed to the metal 
nanoparticles [53]. Cells respond to a number of stress factors such as fluid 
shear stress, strain stimuli and vibration stress; such mechanosensing allows 
cells to detect adhesion of metal nanoparticles to the outer membrane of the 
cells [53]. It had also been suggested that the cytoskeleton is the key aspect 
responsible for sensing the cellular mechanical changes [53, 54]. 
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A study by da Rosa (2013) [40] observed a similar trend in the increasing 
adhesive forces with time which was thought to be a direct effect of the uptake 
of the aggregated Titanium nanoparticles which also caused the neutrophil cells 
to show stronger stiffness after exposure to the metal nanoparticles [40]. 
Cells also adapt to substrates which can affect the morphology and elasticity of 
cells [47] due to physical forces exerted on the cell [46]. The AFM has been 
employed to investigate the adhesion behaviour of osteoblast cells in vitro; 
Domke et al (2000) [47] were interested in substrates used in implanted 
materials and highlighted two properties of importance for implantation of 
synthetic materials. Firstly, the implant should emulate the functionality of the 
original material; secondly, the implant should be compatible with living 
organisms [47]. Overall the implant must be biomechanically competent and 
therefore requires a bioactive interface between the surface of the implant and 
the surrounding tissue i.e. osseointegration [47]. These interactions involve 
reactions with extracellular membrane and intracellular molecules and 
receptors, with osseointegration regulated by cytokines and trophic factors such 
as protein adsorption, cell attachment, cell proliferation and cell differentiation, 
proceeded by matrix production and calcification [47]. Influences from physical 
characteristics also play a role such as the topography and roughness of the 
implant as well as chemical properties including the hydrophobicity of the 
surface. Domke et al (2000) [47] used the AFM to study the adhesion behaviour 
of osteoblasts on substrates by investigating the cytomorphological aspects as 
a measure of cell adhesion [47]. Cell shape was dependent on the substrate 
used to culture cells, for example osteoblasts grown on metallic substrates have 
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an enlarged cross section area whereas cells cultured on glass were rounded 
and had the largest height, and cells were flat on PS surfaces; with increasing 
surface roughness, cells become more flat and the mean elasticity differed [47]. 
The data collected in this study demonstrated a decrease in overall adhesion 
with increasing particle concentration with increasing exposure time. This is 
confirmed by the literature, as Kwon et al (2001) [51] investigated the effects of 
Titanium particles on osteoblast function. Kwon et al (2001) compared the 
adhesion force of osteoblasts on fibronectin coated glass after exposure to 
Titanium nanoparticles at incubation times between 0.5 and 72 hours [55], using 
micro-pipetting single cell manipulation system; particles travelled through the 
cytoplasm rather than on the cell surface during aspiration. It was shown that 
only after 4 hours of exposure that there was a significant decrease in adhesion 
forces, at around 50% reduction at all time points, compared to the control for 
all seeding times from 15 to 60 minutes; and after 72 hours exposure the 
adhesion forces were lower than at 4 hours, with cell adhesion inhibited for all 
seeding times from 15 to 60 minutes [55]. Furthermore, at 72 hours the 
adhesive forces levelled out which demonstrated no dependence on seeding 
time, therefore phagocytosis of Titanium particles by osteoblasts significantly 
alters the rheological behaviour of cells leading to a decrease in adhesion-
dependent cellular activity and functions [51, 55]. 
It is thought that the cytoskeleton of a cell, especially the filamentous actin 
determine the cells ability to maintain a stable shape, maintaining the function of 
the cell [24]. In this study it was proposed that the interactions between these 
actin-filament bundles of the osteoblasts cells within the cytoskeleton could 
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cause a loss of adhesive function and therefore changes to the adhesion 
characteristics of the cell could potentially alter the cell’s function. A further 
explanation for the changes in adhesion properties stems from the decrease in 
cell cytoplasmic spreading and attachment area, stemming from the particles 
integrating to the actin filaments forming denser networks within the structure 
[55]. From the addition of Titanium particles to the cell stress fibres reduces the 
spreading of the cell, a reduction in spreading area of the cell means minimising 
contact, thereby reducing the overall adhesion. These changes could explain 
the pathogenesis of peri-prosthetic osteolysis secondary to implant wear debris, 
with Kwon et al (2001) showing a decrease in adhesion of around 40-60% in 
spreading attachment [51]. 
Some of the above studies [11, 24, 40, 41, 44, 47, 48, 50, 51, 55] have 
demonstrated that orthopaedic wear debris affects the viability of cells, including 
their proliferation, differentiation, and function. Yet, many of these studies do not 
coincide featuring many discrepancies such as the choice of cell, cell 
population, culturing conditions, not to mention the wear debris compositions 
variances such as the size, composition, dose and aggregation. However, the 
studies agree that particles and debris of less than 5μm tend to interact with 
cells and undergo uptake via phagocytosis especially in regards to human, rat, 
and mouse bone cells.  Even though results have been inconsistent for the 
viability assays, the biological effects are dose-dependent, and the majority of 
results demonstrate that the higher the concentration or dose the more adverse 
the effects. Non-toxic particles activate osteoblasts from the up-regulation of 
pro-inflammatory and bone-resorbing factors, with the down-regulation of bone 
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forming variables. Interestingly, debris from alumina and polystyrene origins are 
less harmful in comparison to metals and polymers commonly used in 
orthopaedic devices [6, 56-58].  
From a mechanistic stand point, the presence of foreign particles in direct 
contact with cells causes an uptake of these particles by osteoblast bone cells. 
The complete mechanism for damage from this uptake is still unknown; 
however, once phagocytosis is observed it is unclear whether the physical 
contact or the uptake or the presence of these particles initiates a cellular 
response via membrane mediated association.  
As literature demonstrates that the bone adjacent to an implanted TJA has a 
substantial bone resorption surface [59]. It has been assumed that wear debris, 
especially in regards to this study, contact with bone-forming cells located 
around loosening implants due to the generation of wear particles.  If this 
contact causes an inhibition or suppression of the function these bone-forming 
cell, for example, damage to the cells disrupts the normal viability, proliferation, 
and differentiation of these essential bone forming cells, leads to further 
loosening of the implant due to a decrease in bone renewal and formation.  
It is has been reported that osteoblasts exposed to PMMA particles significantly 
increased their production of calcium [60, 61], this was also true for our study. 
Moreover, both Titanium elemental and Cobalt particles increased the calcium 
formation with increasing concentration. Yet for Titanium 25nm a decrease in 
calcium production was observed which coincides with other reports [62, 63], 
which explained that, despite an increase in proliferation, there was a decrease 
in the calcium production suggesting other mechanisms of damage and that 
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cellular responses and signalling pathways are altered after nanoparticle 
exposure [63]. 
 
8.6  Conclusion 
This study aimed at observing the influence of wear particles on bone cells 
through an alternative perspective (cells nanomechanical properties) to the 
usual biological responses previously investigated. Titanium increased the 
elasticity more than Cobalt nanoparticles even though Titanium demonstrated 
less cytotoxicity; the smaller nanoparticles had a greater impact on the viability 
of the cells as well as on the adhesion forces produced by the exposed cells. 
These mechanical changes are the result of alterations to the cytoskeleton as 
reported by the literature. Also, the smaller nanoparticles had a higher uptake 
which may be due to phagocytosis for such smaller particles.  
The results lend themselves to a novel idea of the importance of understanding 
the mechanical changes and their impact on normal cell function which have 
previously been underestimated. From the results, it is evident that increasing 
the concentration of wear debris increases the elasticity and spring constant of 
cells. On the other hand, increasing the number of particles reduces the 
adhesive properties observed which in turn may affect the spreading and hence 
proliferation of cells despite an increase in osteocalcin production for both metal 
nanoparticles as well as PMMA. These results suggest that physical stimulus 
can alter the normal function of a cell through potential changes in the 
cytoskeleton of the cell in a similar manner to that of biological responses; 
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therefore this study points out the importance of an holistically cell analysis i.e. 
not only from a biological stand point but also through mechanical mechanisms.  
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Chapter 9 Cobalt and Titanium nanoparticles 
Influence on Human Osteoblast-like (Saos-2) Cell 
Elasticity, Spring constant and Calcium 
Production Activity-validation approach 
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9.1  Abstract  
Bone cells are dynamic in nature actively adapting to their environment, 
responding to any damage influenced by wear debris produced over the life 
time of an artificial hip implant. Wear debris not only causes osteolysis of bone 
material surrounding an implanted device but also affects the structural integrity 
of the implanted device resulting in aseptic loosening; aseptic looseing is the 
primary cause of implantation failure.  
It is also essential for successful longevity of an implant for effective 
osseointegration to take place, through the adhesion and growth of new bone 
cells produced by osteoblast cells. Alterations to this process affect the normal 
proliferation, differentiation, survival, and functionality of the osteoblast cells 
potentially interfering with the integration of mature bone cells interacting with 
the biomedical implant.  
The following study was conducted to investigate the disadvantageous effects 
that wear debris impact on Saos-2 human osteoblast-like cells, and to validate 
previous work demonstrating the influence of wear debris on mouse MC3T3-E1 
osteoblast cells. Similarly, to the earlier study, both Cobalt and Titanium 
nanoparticles of the same size will be used to explore the nanomechanical 
(elastic and spring constant) properties of osteoblasts, as well as the adhesive 
characteristics of cells after exposure to the metal nanoparticles. For 
comprehensive data, the viability of cells was also investigated using the MTT 
and LDH assays; the mineralisation output of the cells was also recorded using 
alizarin red protocol after 21 days of growth. It is essential to understand 
whether the prior study on mouse cells was a useful model to predict the 
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implications of wear debris on the mechanical aspects of cells, as well as 
investigating these features for the first time on human Saos-2 cell line. 
9.2  Introduction 
Bone is a unique living tissue with its strength determined by its composition 
and structure (1). It must be stiff, flexible as well as light enabling movement 
and to manage the loading processes by resisting deformation (1, 
2);interestingly bone is a dynamic material and actively responds to external 
signals, location and responds to damage by removing or replacing the affected 
sections (2). The construction (modelling of new bone) and reconstruction 
(remodelling of damaged bone) of bone modelling is governed by cellular 
mechanisms changing the characteristic shape and size of the new bone 
deposited with osteoblasts and osteoclasts being responsible for these actions 
(1). There are three distinct bone cell types: osteoblasts, osteoclasts, and 
osteocytes; these are bone forming, resorbing, and osteoblasts that are 
entombed in the bone matrix (1-3). 
Osteoblasts are essential cells for bone remodelling and are involved in the 
synthesis of bone matrix deposition (4). This is of utmost importance in 
osseointegration, a procedure of mature bone deposition onto implanted 
biomedical devices such as those used in total hip arthroplasty (5); and is 
governed by osteoblasts. These cells originate from mesenchymal cells 
maturing to osteoblasts which are actively involved in the constantly dynamic 
process of bone remodelling, especially in bone forming procedures (2, 4). It 
has also been highlighted that osteoblasts as well as osteoclasts  play a role in 
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the regulation of bone resorption by balancing the differentiation and fusion of 
osteoclasts (2) to form new bone.  
Disruption to this normally balanced well regulated process affects the 
proliferation, differentiation, function and survival of osteoblasts which inherently 
can affect the integration of an implanted biomedical device with the 
surrounding bone (3); often resulting in osteolysis and aseptic loosening of the 
new joint (6). Although mentioned that bone formation is a multicellular process, 
yet it is the effects induced to osteoblast cells which ultimately affect the 
osteoblastic lineage impacting on osseointegration (6). Osteoblasts not only 
create new bone, but also maintain the structural skeleton of the cells (2).  
In this study, Saos-2 cell line was used as a model for human osteoblast-like 
cells. The cell line was derived from human osteosarcoma cells, and possesses 
many osteoblastic features useful as a source of bone-related molecules as 
human osteoblastic-like cells (4, 7, 8). Some features include the expression of 
certain receptors which aid in the organisation of cell-matrix and alkaline 
phosphatase (ALP) activity and produce bone matrix proteins (4, 7). 
There have been many studies (9-13) into the effect of wear particle exposure 
on Saos-2 cells.  For instance, Allen et al (1997) (13) studied the release of 
cytokines after exposure of two human cell lines (Saos-2 and MG-63) to Cobalt, 
chromium and Cobalt-chromium alloy. The authors (13) demonstrated that 
these metal particulates affected the growth and metabolism of osteoblastic 
cells in vitro. It is also suggested that a reduction in osteoblastic activity at the 
bone-implant interface may induce aseptic loosening affecting the longevity of 
the device. More recently, another study (14) observed a reduction in 
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osteoblastic activity through biological responses suggesting that Cobalt and 
chromium ions are responsible for the altered activity on Saos-2 osteoblast-like 
cells. 
Contrary to all this information available in open literature, regarding the 
damage caused from the wear debris produced by implanted devices, there is a 
lack of understanding in the changes of nanoscale, structural and 
nanomechanical properties of Saos-2 cells post-exposure to wear debris. The 
present study aims at validating the methods developed in previous chapters 
concerning the measurement of nanomechanical and adhesive properties of 
mouse osteoblast cells; and employing these methods to study the elastic and 
adhesive properties of the human osteoblast-like Saos-2 cells post exposure to 
Cobalt and Titanium nanoparticles of a fixed size, 30nm. Additionally, metabolic 
activity (LDH and MTT), calcium production activity of these cells, and the cell 
uptake were compared with nanomechanical data.  
  
9.3  Materials and Methods 
9.3.1  Cell Culture 
Saos-2 human osteosarcoma osteoblast-like cells (ATCC® HTB-85) were 
cultured in Roswell Park Memorial Institute (RPMI)-1640 media, supplemented 
with 10% (v/v) Heat Inactivated Foetal Bovine Serum (HI-FBS), 1% (v/v) of 
solution penicillin (5000 U/mL) and streptomycin (5000 mg/mL) (Gibco 
Invitrogen). To passage and count cells, trypsin (Gibco Invitrogen) was used 
when the cells were 70% confluent, and cells were maintained at 37oC, with 5% 
CO2 humidified atmosphere. 
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The cells were seeded in 24-well plates at a density of 60,000 cells per well to 
measure nanomechanical and adhesive properties by the atomic force 
microscope (AFM), and were cultured for 24 hours on sterilised polystyrene 
slides situated inside each well before Co or Ti nanoparticle exposure. For cell 
uptake, osteoblast mineralisation ability, LDH and MTT assay the cell 
preparations were conducted in the same way.  
9.3.2  Nanoparticles 
Co and Ti nanoparticles employed in this study were purchased from Sigma 
Aldrich, UK. Both nanoparticles were elemental with size of 30nm. All 
nanoparticles were weighed and suspended in Roswell Park Memorial Institute 
(RPMI)-1640 medium to make a stock solution of 5mg/ml. From the stock 
solution (5mg/ml), concentrations of 5, 50, 250, 500, and 1000 µg/ml were 
obtained. 
9.3.3  Metabolic activity assay 
To determine the effects of the metal nanoparticles on human osteoblast-like 
(Saos-2) cells viability, MTT (3-(4,5-dimethylthiazol-2yl)-2,5-diphenyltetrazolium 
bromide) and Lactate dehydrogenase (LDH) assay were used (Sigma, UK). 
MTT is a colorimetric assay of cell viability and depend on the metabolic activity 
of the cell. For this assay, cells were cultured as usual and exposed to the 
various concentrations of metal nanoparticles as stated above in 24-well plates; 
after the required exposure time, 80 µl of MTT stock solution, a phenol red-free 
medium, was added to each well and incubated for 4 hours at 37oC in a 
humidified atmosphere containing 5% CO2. Formazan is the metabolised MTT 
which is re-suspended with 800 µl of dimethyl sulfoxide (DMSO); 200 µl of this 
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suspension was transferred to a 96-well plate to read at 560nm absorbance 
using a spectrophotometer (ELISA Reader Labtech LT-500MS). A cell 
suspension unexposed to any metal nanoparticles was used as the control i.e. 
untreated, with all samples performed in triplicates using metal concentrations 
of Cobalt and Titanium nanoparticles (5, 50, 250, 500, and 1000 µg/ml).  
LDH assay is an enzyme which converts sugars into energy for cellular use, 
damage to cells can therefore be assessed using the total LDH levels, an 
elevation is a sign of damage to the cells. Initially cells are prepared as usual 
and exposed to the nanoparticles, at each given time point the LDH levels were 
analysed. The LDH release levels must first be prepared by removing 25µl of 
the medium from each well of the 24-well plate and placed into a 96-well plate; 
an enzymatic assay is then used consisting of 50 µl of the pre-prepared LDH 
mix. LDH mix is a solution made up of three components: a) LDH assay 
substrate solution; b) LDH assay dye solution; and c) LDH assay cofactor 
preparation. Once the LDH mix has been added to each well, the well plate is 
then placed in the dark for 30 minutes to read the absorbance at 490nm and 
then at 690nm for correction purposes using a spectrophotometer (ELISA 
Reader Labtech LT-500MS) . For the total LDH levels, 100 µl of LDH assay 
lysis is added to each well of the 24-well plate and replaced in an incubator at 
37 oC for 45 minutes; 25 µl of this medium is removed, and placed in a 96-well 
plate to continue with the enzymatic release. 
9.3.4  Osteoblast mineralisation activity 
Human osteoblast-like (Saos-2) cells were grown and exposed to the metal 
nanoparticles (Co and Ti) for a 21 day period. Every three days the medium 
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was changed and nanoparticles were added. After 21 days, the medium was 
removed from all wells, 10% (v/v) gluteraldehyde (Sigma Aldrich, UK) in sterile 
Phosphate Buffer Solution (PBS) (100 µl) was added and incubated for 10 
minutes at 37oC. All gluteraldehyde was removed from each well and washed 
three times with sterile PBS before 1% (v/v) Alizarin red staining (ARS) (Sigma 
Aldrich, UK) (100 µl) in distilled water was added to each well and placed in the 
incubator for 20 minutes. At 20 minutes, the ARS was removed and washed 
with Milli-Q water, and 10% Acetic acid (Sigma Aldrich, UK) (100 µl) and 
incubated for 30 minutes. After the allotted time, 50 µl from the wells were 
placed in a 96-well plate for absorbance measurements using a 
spectrophotometer (ELISA Reader Labtech LT-500MS) at a wavelength of 
405nm (15). All mineralisation tests were performed in triplicates for each 
concentration (5, 50, 250, 500, and 1000 µg/ml) and for unexposed cells. 
9.3.5  Zeta potential and size of nanoparticles 
measurements 
Dynamic light scattering (DLS) was used to confirm the Co and Ti nanoparticle 
sizes and measure nanoparticle charges using Malvern Zetasizer Nano ZS 
Nano series (Malvern, UK). A stock solution (5mg/ml) for both Cobalt and 
Titanium nanoparticles was employ for these measurements. 
9.3.6  Cell nanomechanical properties measurements  
To determine the nanomechanical and adhesive properties of the cells, an 
Atomic Force Microscope (AFM) (XE-100 Advanced Scanning Probe 
Microscope (Park Systems, Korea) was used with experiments conducted in an 
open liquid cell using sterile PBS as the aqueous phase, previously described 
(16). A triangular tipless cantilevers (Bruker, UK) and a nominal spring 
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constants (Kcantilever) of 0.1 N/m were used; the actual spring constant of the 
AFM cantilever was determined using the Sader method (17, 18). Borosilicate 
glass beads (10 m in diameter) were glued onto the cantilever and served as 
cell indentor. After preliminary tests to prevent indentation depths greater than 
400-500 nm, a maximum load of 4nN was applied, with the working load set at 
2nN. For each sample, at least 15 cells were analysed at each concentration of 
nanoparticles (5, 50, 250, 500, and 1000 µg/ml), for each time point (24, 48, and 
72 hours). Firstly, cells were located with at least 20 approaching and retracting 
z-piezo coordinates vs. deflection curves were extracted from randomly 
selected points on the surface of each cell whilst avoiding the peri-nuclear area, 
and all experiments were performed in triplicates.   
9.3.6.1  Cell elasticity and spring constant determination 
The approaching part (trace) of the AFM curves was used to calculate the 
nanomechanical properties of the cells. The Young modulus of the cell surface 
location under investigation was determined fitting the Hertz model (Eq. 9-1) to 
the first part of the indentation vs. force curve after contact between AFM tip 
and cell surface. 
 
3
2
2-1
E
  
3
4
 =F 

R  (9-1) 
Where: 
F = force recorded by AFM 
E = Young modulus 
R=  radius of the spherical indentor (5 m) 
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 = Poisson ratio (set at 0.5) 
 = indentation depth 
 
The spring constant of the cell surface in the location probed was determined 
through the slope of the curve after the Hertzian regime according to: 
b =F k  (9-2) 
Where: 
F = force recorded by AFM 
Kb = spring constant of the cell 
 = indentation depth 
 
Both models require the determination of the separation between cell surface 
and AFM tip (), this was calculated from the coordinates (z-piezo) of the trace 
curve assuming that the point of contact corresponded to the local minimum of 
force; from this: 
cantdzz  0  (9-3) 
Where: 
z0 =  z-piezo value of the minimum of the trace curve 
z =  z-piezo value of the trace curve 
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dcant =  cantilever deflection 
 = indentation depth 
 
and 
cantCantilever dKF    (9-4) 
 
Both Eq. 1 and 2 were fitted to the data using the least squares method through 
an in-house written FORTRAN code.  
Overall surface heterogeneity of nanomechanical properties was studied 
through the spatial distribution of E and Kb. 
9.3.6.2  Cell Adhesion force 
The adhesion forces between a cell and AFM tip were determined as the 
minimum value of the retracting (retrace) part of the AFM curve. 
9.3.7  Cell uptake of metal nanoparticles quantification 
Using inductively coupled plasma-mass spectroscopy (ICP-MS) Optima 
2100DV OES (Perkin Elmer, Waltham, MA, USA) and standard element Primar 
28, quantification of cells uptake of metal nanoparticles was determined. Cells 
were routinely grown and exposed to the relevant nanoparticles for the required 
time period. After the initial time point, all media was removed from each well 
and washed three times using sterile PBS; 500 µl of Nitric acid was added to 
each well, the 24-well plate was then placed in an incubator at 60 oC for 24 
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hours to digest the cells. The 24-well plate is then removed from the incubator 
after 24 hours, 400 µl of the suspension was removed and added to 8 ml of 
Milli-Q water in a polypropylene tube. The sample rate for the ICP-MS was 1.5 
ml/min with characteristic wavelengths for each metal used: 288.616 nm, and 
334.940 nm, for Cobalt and Titanium, respectively. Experiments were 
performed three times independently, and each composed of 3 parallel samples 
with results given as mean ± standard deviation.  
9.3.8  Statistical analysis 
Nanomechanical property comparison of the effects of Cobalt and Titanium 
nanoparticles on Human Osteoblast-like (Saos-2) cells was performed using 
ANOVA test followed by Tukey’s post hoc test of individual pair of data sets 
(p<0.05). The comparison of adhesive force measurements used the Kruskal-
Wallis test followed by Dunn’s test post hoc for the individual pairs of data sets. 
All statistical analysis was performed using SPSS. 
 
9.4  Results 
9.4.1  Size and Charge of the nanoparticles 
All zeta potentials and sizes of the nanoparticles are given in Table 9-1. Both 
metal nanoparticles had negative zeta potentials with Titanium nanoparticles 
displaying the lowest overall negative charge at -44mV and with Cobalt 
nanoparticles having a negative potential of around 20mV. The human 
osteoblast-like cells in growth medium also had a negative zeta potential of -
7mV.  
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9.4.2  Metabolic activity 
The metabolic activity (MTT data) of Saos-2 cells before and after exposure to 
Co and Ti nanoparticles for various time points is shown in Figure 9-1. After 24 
hours all treated cells had a reduction in metabolic activity compared to the 
control cells, for both Cobalt and Titanium nanoparticles. The decrease was 
similar for both Cobalt nanoparticles treated and Titanium nanoparticles treated 
cells, with a drop from 0.3 OD for the controlled cells to 0.28OD at the initial 
concentration of 5 µg/ml. After the initial decrease in viability, a steady increase 
in cell viability was observed with increasing concentration of nanoparticle 
exposure. At 250 µg/ml concentration, the viability for both Cobalt and Titanium 
nanoparticles was recorded at 0.2 OD, rising to 0.25 OD at a concentration of 
500 µg/ml; this level remained the same for Cobalt nanoparticles and slightly 
higher at 0.29OD for Titanium nanoparticles at the highest concentration of 
1000 µg/ml. All values of viability for both nanoparticles were lower than the 
control cells. 
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Table 9-1. Zeta potential and size of nanoparticles and zeta potential of Saos-2 
cells measured in media solution along with their pH values. 
Nanoparticles pH 
Zeta Potential 
(mV) 
Size (nm) 
Co 30nm 8.33 -19.4±1.0 27.3±2.1 
Ti 30nm 7.07 -44.7±1.9 27.7±3.5 
Human Osteoblast-
like (Saos-2) cells 
 -7.70±0.6  
 
 
 
After 48 hours, the overall viability values decreased for both untreated and 
treated cells, as the control (untreated) also fell to a value of 0.16 OD. A slight 
decrease was observed in viability for Cobalt nanoparticle at the lowest 
concentration of 5 µg/ml to 0.14 OD, which remained the same at a 
concentration of 50 µg/ml. An increase occurred at 250 µg/ml to 0.15 OD the 
same as the control, which increased again to 0.17 OD at 500 µg/ml, and a big 
increase to 0.23 OD at the highest concentration of 1000 µg/ml. After exposure 
to Titanium nanoparticles the optical density (OD) also decreased slightly to 
0.19 OD at the lowest concentration of 5 µg/ml, however for 50, 250 and 500 
µg/ml the viability increased to 0.15 OD, similar to the control; and for the 
highest concentration of 1000 µg/ml a very slight increase was observed at 0.16 
OD. 
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At the maximum exposure time of 72 hours, the control viability was 0.18 OD, a 
decrease was observed for Cobalt nanoparticles at the initial concentration of 5 
µg/ml to 0.15 OD. This value remained for 50 µg/ml and 250 µg/ml. At the 
higher concentrations of 500 and 1000 µg/ml the viability increased dramatically 
0.21 OD and 0.22 OD, respectively. After 72 hours the Titanium control was the 
same at 0.2 OD, this value decreased to 0.15 OD for the concentrations 5, 50, 
and 250 µg/ml; for both 500 and 1000 µg/ml the viability was the same as the 
control at 0.16 OD. These values were similar to those at 48 hours. 
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Figure 9-1. Cell Viability results (MTT assay) of Saos-2 cells exposed to Cobalt 
(black columns) and Titanium (grey columns) elemental nanoparticles at (a) 
24h, (b) 48h, and (c) 72h. 
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Figure 9-2. Cell Viability results (LDH assay) of Saos-2 cells exposed to Cobalt 
(black columns) and Titanium (grey columns) elemental nanoparticles at (a) 
24h, (b) 48h, and (c) 72h. 
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LDH levels (Figure 9-2) after 24 hours did not change greatly for either particle: 
Cobalt or Titanium, with increasing concentration. A slight reduction was 
however observed with Cobalt nanoparticle exposure especially for the highest 
concentrations of 500 and 1000 µg/ml, with a reduction from 88% for the control 
cells to 72% at 500 µg/ml. On the other hand for Titanium, there was also a 
decrease in LDH level at 500 µg/ml to 80%, however, an elevation in LDH was 
demonstrated at the highest concentration of 1000 µg/ml to 100%. 
At 48 hours, again Cobalt nanoparticle exposure had little to no alterations in 
LDH compared to the control, which has decreased to 68% this was consistent 
throughout for Cobalt regardless of concentration. Titanium nanoparticles 
remained the same as the control for the lowest concentration, but an increase 
was observed at a concentration of 50 µg/ml to 88%; this elevation decreased 
slightly with increasing concentration but still remained above the level of the 
control cells with levels of 80%, 76%, and 72% for 250,500, and 1000 µg/ml.  
For 72 hours of exposure, the control cells decreased to 56%. All exposed cells 
LDH levels had decreased. At 5, and 50 µg/ml the Cobalt nanoparticles caused 
a decrease to 40%, this increased to 60% just above the control level at a 
concentration of 250 µg/ml; however the levels declined with increasing 
concentration of nanoparticles at 500, and 1000 µg/ml the levels were observed 
at 56% and 44%, respectively. A similar pattern was observed for Titanium 
nanoparticles, with an initial decline in LDH levels compared to the control cells 
at 52% and 56% for concentrations of 5 and 50 µg/ml; a peak was recorded at 
250 µg/ml to 60% which then decreases with increasing concentrations, with 
LDH levels at 52% and 36% at 500 and 1000 µg/ml.  
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9.4.3  Osteoblast mineralisation ability 
To determine the mineralisation ability of the cells after exposure to 
nanoparticles the Alizarin red assay was used after 21 days of nanoparticle 
exposure. The control cells had an osteocalcin production value of 0.7 OD, 
shown in Figure 9-3. A general decrease in production was observed for both 
Cobalt and Titanium nanoparticles treated cells. For Cobalt nanoparticles the 
decrease began at the lowest concentration with a value of 0.6 OD at 5 µg/ml; 
at 100 µg/ml recorded the least amount of osteocalcin production at 0.19 OD. 
Titanium nanoparticles also reduced in osteocalcin production to 0.5 OD at 5 
µg/ml, lower than Cobalt nanoparticles; the lowest osteocalcin production also 
decreased with increasing concentration with the lowest level observed at 0.2 
OD at a concentration of 500 µg/ml. 
 
Figure 9-3. Saos-2 cells osteoblast mineralisation ability post exposure to 
Cobalt (black columns) and Titanium (grey columns) nanopartilces. 
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9.4.4  Nanomechanical properties 
Elasticity and spring constant data are given in Figure 9-4 and Figure 9-5, 
respectively; each graph represents all time points that were measured at 24, 
48, and 72 hours. 
At 24 hours of metal nanoparticle exposure demonstrates that there is a general 
increase in elasticity i.e. the cells get stiffer with increasing concentrations of 
nanoparticles, and is especially pronounced for Cobalt elemental nanoparticles. 
The initial elasticity for the control cells were at 9 kPa, for the lowest 
concentration the elasticity increased to 11 kPa for both Cobalt and Titanium 
nanoparticles. A dramatic increase was observed at a concentration of 50 µg/ml 
for both Cobalt and Titanium nanoparticles to 17 kPa. A decrease in elasticity 
was then recorded for Cobalt nanoparticles, the result was a slight decline to 
15kPa and 14kPa at 250 and 500 µg/ml concentrations, respectively, which 
then had risen to 18kPa at the highest concentration of 100 µg/ml. For Titanium 
on the other hand, the decline observed was more pronounced dropping to a 
similar value as the control to 10 kPa for both 250 and 500 µg/ml 
concentrations, increasing to 15 kPa at the highest concentration of 1000 µg/ml.  
With time at 48 hours, the control cells remained consistent with an elastic 
modulus of 9 kPa, the same as the 24 hours. After exposure to Cobalt 
elemental nanoparticles the cells demonstrated no change in elasticity at a 
concentration of 5 µg/ml as observed at 9 kPa; the elastic modulus increased 
thereafter to 12 kPa for both 50 and 250 µg/ml concentrations. A further 
increase was then observed to 14OD at a concentrations of 500 µg/ml, then a 
slight decrease to 13 kPa at the highest concentration of 1000 µg/ml. Titanium 
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nanoparticles demonstrated a greater initial increase at a concentration of 5 
µg/ml to 13 kPa, after this increase, a slight decrease was recorded at an elastic 
modulus of 12 kPa which remained the same regardless of the concentration 
the cells were exposed to. 
Overall, at 72 hours, the elastic moduli increased. The control cells had an 
elastic value of 13.5 kPa greater than that recorded for the previous time points. 
After Cobalt nanoparticle exposure the cells demonstrated that at a 
concentration of 5 µg/ml increase in the elastic modulus compared to the control 
of 14 kPa; this continued to increase with higher concentrations of nanoparticles 
to 19 kPa for 50 µg/ml concentration, 22 kPa at 250 µg/ml, 23 kPa at a 
concentration of 500 µg/ml which remained the same at a concentration of 1000 
µg/ml. Similarly, after Titanium nanoparticle exposure at 48 hours, the exposure 
at 72 hours had an initial increase in elasticity at 17 kPa with a 5 µg/ml 
concentration which remained the same for 50 and 250 µg/ml concentrations; 
however, another increase is recorded for the higher concentrations of 500 and 
1000 µg/ml with an observed elasticity of 19 kPa. 
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Figure 9-4. Mean cell elasticity of SAOS-2 cells exposed to Cobalt (black 
columns) and Titanium (grey columns) nanoparticles at three time points: (a) 
24h, (b) 48h, and (c) 72h. 
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Figure 9-5. Median spring constant of SAOS-2 cells exposed Cobalt (black 
columns) and Titanium (grey columns) nanoparticles at each time point: (a) 24h, 
(b) 48h, and (c) 72h. 
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Figure 9-5 represents the spring constant results for both Cobalt and Titanium 
nanoparticle exposure. At 24 hours, an obvious increase in spring constant was 
recorded with increasing concentration for both nanoparticles. The control 
spring constant was recorded at a value of 0.01N/m; for Cobalt nanoparticles 
this value increased to 0.03 N/m at a concentration of 5 µg/ml, which remained 
the same for a concentration of 50 µg/ml. At the highest concentrations of 250, 
500, and 1000 µg/ml the spring constant values continued to increase to 0.05, 
0.07, and 0.10 N/m, respectively. Titanium nanoparticle exposure also 
demonstrated a general increase in spring constant values but at smaller values 
than Cobalt nanoparticles; for 5 µg/ml concentration the spring constant of the 
exposed cells was the same as the control value of 0.01 N/m, increasing to 0.03 
N/m for concentrations of 50 and 250 µg/ml; at 500 µg/ml gave a spike at 0.05 
N/m which decreased to 0.04N/m at 1000 µg/ml. 
A similar pattern was observed for Cobalt nanoparticles exposed cells after 48 
hours, but no change was recorded for Titanium nanoparticles. The control cells 
spring constant had increased to 0.02 N/m which remained the same value for 
both Cobalt and Titanium nanoparticles at the lowest concentration of 5 µg/ml. 
For Cobalt nanoparticles the spring constant of the cells remained at 0.03 N/m 
for 50 and 250 µg/ml concentrations, and a dramatic increase was 
demonstrated at a concentration of 500 and 1000 µg/ml at values of 0.11 and 
0.13 N/m. For the Titanium nanoparticles treated cells the values for the spring 
constant with increasing concentration remained between 0.02 and 0.03 N/m. 
After 72 hours exposure to nanoparticles, demonstrated a large increase at the 
initial concentration of 5 µg/ml at 0.07 N/m for both Cobalt and Titanium 
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nanoparticles, the control cell value also increased compared to the first 2 days 
of exposure to 0.04 N/m. However, after the initial increase a decline was 
observed for Cobalt nanoparticle exposure at 50 µg/ml to 0.03 N/m, this value 
steadily increased with increasing concentration of nanoparticles to 0.035 N/m 
at 250 µg/ml, to 0.045 N/m at 500 µg/ml and at the highest concentration of 
1000 µg/ml to 0.055N/m. Titanium nanoparticles also had the same initial value 
as Cobalt nanoparticles exposed cells (0.07N/m), this increased slightly to 0.08 
N/m at a concentration of 50 µg/ml; however, this spring constant steadily 
decreased to 0.05 N/m at a concentration of 250 µg/ml, and decreased to a 
spring constant value of 0.03 N/m for both the highest concentrations of 500 an 
1000 µg/ml. 
9.4.5   Cell adhesion forces 
For all cells, control cells (unexposed to nanoparticles), and exposed cells to 
Cobalt and Titanium nanoparticles adhesion data are given in Figure 9-6; the 
data demonstrated spatial distributions of adhesion forces on the cell surfaces.  
At 24 hours, the median adhesive force recorded or the control cells was at 2.5 
nN, the values for the Cobalt and Titanium nanoparticles exposed cells did not 
vary greatly from the control. There was an initial decrease in adhesion to 1 nN 
for both Cobalt and Titanium nanoparticles at the lowest concentration of 5 
µg/ml; this value increased to 2 nN for Cobalt nanoparticles for all increased 
concentrations, however, for Titanium nanoparticles it remained at 1nN. After 48 
hours, the control value of adhesion decreased to 1nN compared to 24 hours 
control; for cells exposed to Cobalt nanoparticles the range of values of 
adhesion increased with increasing concentration, with the highest adhesion 
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recorded at a concentration of 500 µg/ml at 2.5 nN. For cells exposed to 
Titanium nanoparticles, the range of data was less than for cells exposure 
Cobalt nanoparticles and the greatest adhesion was observed at 2.0 nN at a 
concentration of 5 µg/ml.  
Three days of exposure demonstrated little to no change in adhesion force 
distribution for neither Cobalt nor Titanium exposed nanoparticles; the control 
value was the same as 48 hour control cells, and the adhesion forces remained 
at around 1nN for all Cobalt and Titanium nanoparticles exposed cells with 
nanoparticle increasing concentrations.  
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Figure 9-6 Box and whiskers plot of adhesion force distribution of Saos-2 cells 
exposed to Cobalt (un-patterned columns) and Titanium (patterned columns) 
nanoparticles for all time points (controls in white columns): (a) 24h, (b) 48h, 
and (c) 72h. 
 307 
9.4.6  Metal uptake by cells 
Metal uptake by cells data is shown in Figure 9-7. For all uptake data regardless 
of the metal used, the uptake generally increased with increasing concentration 
after all three exposure times. For Cobalt nanoparticles, the maximum uptake 
was observed after 48 hours for 500 and 1000 µg/ml concentrations at around 
570 and 700 µg/106cell. For Ti nanoparticles, the overall uptake was around six 
fold smaller than Cobalt nanoparticles, again after 48 hours exposure to the 
metal particles, demonstarted a peak of uptake especially for a concentration of 
500 µg/ml at around 90 µg/106cell. After Ti nanoparticles exposure the cells 
demonstrated the greatest uptake at 24 hours with the greatest concentration at 
1000 µg/ml with an uptake of 110 µg/106cell. No statistical difference between 
data after 48 and 72 hours for both types of particles. 
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Figure 9-7. SaoS-2 uptake of Titanium (a) and Cobalt (b) ions from 
corresponding nanoparticles after exposure from 24 h (), 48 h () and 72 h 
() at various nanoparticles concentrations. 
 
9.5  Discussion 
Many issues with the longevity of biomedical arthroplasty devices are due to the 
detection of metal particles that have been retrieved in surrounding tissues from 
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failed implants (20-22). These wear debris are produced over the lifetime of the 
device and is the major factor contributing to periprosthetic osteolysis, aseptic 
loosening (22), as well as increasing the risk of infection (23). Plenty of studies 
(20, 24-28) have investigated the biological impact of these wear particles on 
surrounding cells and tissues adjacent to the implantation site (29).  
Wear debris originates from the components of an implanted device and often 
consists of metals, including their oxides (27). Cobalt and Titanium 
nanoparticles collected from explants resemble those used in this study (26, 30) 
with many stating sizes of below 100 nm; as well as the size, the shape, charge, 
composition and concentration range correlate with the literature (30-32). It is 
important to note the size of the particles as it has been recognized by others 
(26, 33) that phagocytosis governs the cellular uptake of particles (26). It has 
been noted (30) that the phagocytosis of particles correlated with the changes 
in morphology of the particles, and that the proliferation, and differentiation of 
cells was affected by the size, shape and dose of wear particles present (30). 
Suggestions have also been made (30) that particles less than 1 µm are more 
easily phagocytosed compared to larger counterparts, and longer particles 
induce stronger cellular reactions than round particles (30, 34, 35). Although 
Titanium is used in hip implants due to its beneficial characteristics such as 
being biocompatible with robust strength, evidence suggests that the length of 
the wear produced by Titanium and its chemical composition especially of the 
aggregated particles have previously been linked to toxicity within osteoblast 
cells (33, 36).  In regards to Cobalt, results have demonstrated less tolerance 
with nanoparticles which even damage the DNA of osteoblast cells (30, 37) as 
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the size of the particles at the nanoscale greatly increase the total surface area 
of the metal. This causes an increase in the tendency for the metals to release 
ions (37); in turn the damage associated with ions inhibit cellular proliferation, 
and can induce apoptosis with damage from Cobalt occurring within one hour of 
exposure (30, 38).  The concentrations used in this study (30, 39) was the same 
as the higher concentrations used in this investigation of 500 µg/ml with 
changes to the structural aberration taking place within the first 24 hours (38, 
39) especially when concerning Co ions. 
Previously it has been shown (40) that wear debris originating from Cobalt, 
Titanium, and Titanium alloys promote the proliferation in the synovial 
membrane of fibroblasts and so is an important factor in the production of 
fibrous membranes surrounding the prosthesis(40), demonstrating that metal 
particles influences the structural integrity of cells; as well as osteolysis 
occurring due to the phagocytosis of particles (29). In combination, these 
biological responses can indirectly weaken the mechanical properties and 
integrity of the implant resulting in aseptic loosening, impact failure and 
generally requiring revision surgery. 
High doses of Titanium were used by Pioletti et al (1999) (29), with 
concentrations ranging from 0.01, 1.0 and up to 10 mg/ml, even so Titanium 
had no cytotoxic effect. Yet with chromium and Cobalt-chromium of similar 
concentrations did induce a cytotoxic effect (29); from this evidence, the notion 
that the viability of osteoblasts is adversely influenced by wear debris can be 
assumed, and so it is assumed that the rate of bone formation will also 
decrease. Expectantly, this was true for the results shown in this investigation, 
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for both Cobalt and Titanium exposed cells, as the bone mineralisation 
decreased with increasing concentration of nanoparticles after 21 days of 
growth. This loss of bone material formation around the implantation is the root 
cause of aseptic loosening due to the combination of bone loss and increased 
bone resorption when wear debris is present.   
Pioletti et al. (1999) studied the direct and indirect effects of different Titanium 
particle concentrations on the viability of neonatal calvarial rat osteoblast cells 
(29) as well as identifying the type of cell death i.e. necrosis or apoptosis.  The 
author observed a cytotoxic effect on osteoblasts using Titanium particles less 
than 5 µm in size; the cell viability was affected when the cells were in direct 
contact with the Titanium particles in a concentration-dependent manner.  Also 
the authors found that particles in direct contact with cells began the process of 
phagocytosis, and the shape of the cells changed according to the size and 
number of particles ingested (29).  Pioletti observed that the majority of particles 
were phagocytosed in the first 24 hours. This was true for Cobalt nanoparticles 
in the investigation of human osteoblasts, however, there was no great change 
in the viability of the cells exposed to Titanium and is supported by findings from 
Vandrovcova et al (2014) (41) using Titanium debris and its effects on the 
viability of Saos-2 cells; this could be dependent on their size as Pioletti et al. 
(1999) used particles less than 5 µm, whereas the above study only observed 
nanoparticles and not micro sized particles. 
As Titanium is a commonly used material in biomedical implantations along with 
their alloys, due to its advantageous mechanical properties, resistance to 
corrosion (42) as well as its biocompatibility of the bulk material (22). Post 
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implantation, inflammatory cascades are initiated which stimulates the 
proliferation, differentiation and bone synthesis of bone forming osteoblasts, 
these cells are found in the tissues adjacent to the prosthesis and govern the 
preliminary stages of osseointegration, essential for the longevity of the device 
(22, 43). The metal particles; or wear debris also directly impact on the bone-
implant interface reducing the activity of new bone formation which in turn lends 
itself to aseptic loosening. According to Dorr et al. (1996), retrieved particles are 
within the phagocytosable range of 1-10 µm (43).  
Also, Pioletti et al (1999) observed rat osteoblast cells not human; this could 
have a difference due to the difference in growth rates of rat and human cells. It 
has been highlighted (44) that mouse and rat cells are affected by the age of 
the original specimen, with a study (45) discussing the differences in 
osteocalcin synthesis; the investigation demonstrated that younger models 
(taken 30-36 hours after birth) had 6 times more osteocalcin compared to older 
models (samples taken 78-84 hours after birth) (45). Similarly, mouse cells 
produced greater levels of osteocalcin compared to rat and human cells (44, 
45). This could explain the elevated levels demonstrated by the mouse MC3T3-
E1 osteoblasts in previous work as Cobalt and Titanium both induced an 
increase the production of osteocalcin, whereas a decrease in osteocalcin 
levels were recorded in this investigation using human osteoblast-like Saos-2 
cells. 
Interestingly, surface properties often govern the osseointegration of an implant 
(42). Osseointergration is essential for the longevity of a successful and stable 
implanted biomedical device, this interfacial interaction often depends on the 
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topography, roughness and chemical composition of the implanted device (23). 
The charge of all metal particles had a negative zeta potential, and it has been 
demonstrated (41) that negatively charged surfaces increased the attachment 
of osteoblasts, namely Saos-2, therefore the charge of all particles would have 
aided in the interactions between the wear debris and cells. Osteoblasts cells 
are the essential cells involved in their osseointegration as they synthesize and 
produce extracellular matrix (ECM) and control its mineralisation (23). 
Attachment and spreading of osteoblasts is the initial interactions of cells to 
implanted devices; and cellular behaviour is regulated by the attachment of cells 
especially when concerned with osteoblast and fibroblasts as these are 
anchorage dependent cells and need adherence for survival (23, 46). In this 
study the osteosarcoma cell line Saos-2 was used as a model to study the 
nanomechanical and adhesive properties of these cells to further understand 
the potential damage caused by the exposure of the cells to wear debris; this 
cell line has been previously used to model osteoblast-like behaviours such as 
cell attachment, spreading, proliferation, and differentiation (47-50). Others (51) 
suggest that the nanotopography of cells have an influence on cell behaviour 
governing the integrin clustering and focal adhesion assembly (51). 
The mechanical properties of single cells have been measured using various 
techniques (52-55), some of which include rheometry with magnetic beads, 
optical traps, and AFM (52) techniques employed in this study. It has also been 
postulated that the overall function of osteoblasts is dependent on their 
adhesive interactions; these are governed by the binding integrins to the 
extracellular matrix (ECM) made of fibronectin and collagen type 1. 
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Furthermore, the ECM signals anchorage dependent cells by changing the local 
matrix stiffness (51), evidence of this has previously been observed using 
mesenchymal stem cells causing differentiation into specific lineage, for 
example, softer matrix induces neurogenic routes whereas stiffer matrices 
cause developments of myogenic and osteogenic phenotypes (51, 56, 57). 
Alterations to the ECM can influence further mechanical stimuli which impact on 
the cellular function for example, the growth, motility, survival, adhesion and 
contractility (58).  
The cellular adhesion, spreading, and migration depend on these integrins (23) 
which rapidly bind to the actin cytoskeleton via focal adhesions which control 
the behaviour of the cells (59, 60). Not only do focal adhesion kinases (FAK) 
provide structural support which is essential to maintain adhesion to substrates, 
yet FAK also transduce stimuli to regulate adhesion, motility, proliferation, 
differentiation and survival (22, 59-61). Reorganisation of the actin cytoskeleton 
and microtubule stabilisation will take place in integrin-mediated activation of 
FAK, which are both essential for cell adhesion, motility and morphology. It is 
evident that osteoblasts maintain the structural integrity of the cells (2), and it 
has been noted that the elastic properties of these cells is directly linked to the 
cytoskeleton of osteoblasts (62, 63). 
So, Saldana et al (2009) investigated the influence of metal particles on cell 
adhesive interactions using Titanium micro particles (1-15um) at a 
concentration of 10 ng/cell or 50 ng/cell. AlamarBlue is redox reaction which 
changes colour in response to metabolic activity and quantifies the cell 
proliferation as a function of viability using Saos-2 cells (22). It was also 
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stipulated that Titanium decreases the number of attached cells in a dose-
dependent response at all time points measured. Titanium was also internalised 
by the Saos-2 cells (22), the actin and tubulin cytoskeleton were also 
disorganised, shortening the stress fibres, and disassembled the microtubules 
reducing the density of the tubulin. From the disruption to the structural integrity 
of the cells this inherently reduces the focal adhesion size (22). The micrometric 
size particles of Titanium decrease the osteoblast adhesion force, proliferation 
and production of procollagen and alkaline phosphate (22, 64), reducing the cell 
spreading thereby inhibiting cell migration and proliferation especially for Saos-2 
cells. Moreover, this reduction in adhesive properties was also evident in this 
study. 
Vandrovcova et al. (2014) also noted that the proliferation of human Saos-2 
cells was lower when exposed to Titanium wear debris compared to the primary 
human cells, furthermore, the actin-cytoskeleton was more pronounced and 
better-developed with exposure to wear debris demonstrating that cells become 
stiffer and were also associated with less proliferation compared to mouse 
osteoblast cells (41). Other studies have also used AFM techniques to 
investigate the stiffness of cells (65) and reported that a cantilever spring 
constant of 0.06N/m was sufficient to approach cellular samples of mammalian 
origin, correlating to the spring constant used for human osteoblasts in this 
study.  Generally it is accepted that differentiating cells are stiffer (52), for 
example the control cells of Saos-2 had a mean elastic modulus of around 10 
kPa with Cobalt exposed cells having an elastic modulus twice that of the 
control samples illustrating that metal nanoparticles do alter the cells 
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mechanical properties. The elastic modulus of cells is of importance as clinically 
it has been suggested that changes to cellular stiffness indicate pathological 
disorders, for instance increased liver stiffness indicates a cirrhotic liver (58); 
attributions of stiffness are therefore an important characteristic to explore as it 
indicates damage to the cells by changes to the cytoskeletal organisation 
sensed by mechanosensors of the cells (58, 66). It is believed that cells not only 
respond to chemical stimuli but can adapt due to stress factors (66), and that 
the cytoskeleton is the main component of sensing mechanical changes (58, 
66, 67). 
9.6  Conclusion 
The idea behind this study was to validate the previous findings of the influence 
of wear debris on mouse osteoblast, MC3T3-E1 cells nanomechanical and 
adhesive properties. It was observed that human cells proliferation was less 
than that of the mouse cells which had an impact on the growth rate and 
therefore viability results. Little to no change was observed in the MTT viability 
results for Saos-2 human osteoblast-like cells for both Cobalt and Titanium 
nanoparticle exposure, even though the same sized particles of Cobalt had a 
greater impact on the viability of the mouse MC3T3-E1 cells. Interestingly, both 
Cobalt and Titanium nanoparticles increased the osteocalcin production in the 
mouse osteoblast cells but clear decreases in osteocalcin productions were 
observed for human Saos-2 osteoblast-like cells; the decrease in production 
suggests that damage to the cells viability of human osteoblast like cells must 
be present and was supported by the LDH viability assay.  
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Similarly, the elasticity of both Cobalt and Titanium exposed cells increased, 
demonstrating that cells become stiffer post exposure to metal wear debris 
validating the results concluded using mouse MC3T3-E1 osteoblast cells; yet 
Cobalt in both cellular cases, MC3T3-E1 and Saos-2 had elevated spring 
constants of the cells greater than that produced by Titanium. Also, the results 
data regarding the adhesive forces in this study increased with increasing 
concentration of nanoparticles, the same can be said for MC3T3-E1. From the 
comparison of data, it can be assumed that the nanomechanical and adhesive 
findings from this study using the human Saos-2 osteoblast-like cells validate 
the data collected using the mouse MC3T3-E1 osteoblast cells confirming the 
mouse cells as a good model for alterations to the mechanical properties of 
cells. Both studies demonstrate a more adverse effect on cells is observed with 
increasing concentrations of nanoparticles that are evident over the lifetime of 
the wear and tear produced by hip implants. The presence therefore of wear 
debris affects the normal function of the cells by the potential alterations to the 
essential cytoskeletal organisation which governs both the nanomechanical 
sensing and adhesive properties of living cells.  
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Chapter 10 Summary and Future Work 
Chapter 4 – The bacteria that cause infections post-surgery of biomedical 
devices from dental to hip implantations have been investigated for their 
adhesive interactions with relevant substrates. CAP treatment was used on a 
commonly employed polymer, UHMWPE, often found in the acetabular cup of 
the hip. This treatment can be utilised as an alternative sterilisation technique 
from the commonly adopted but expensive gamma radiation; as this process 
requires no vacuum and uses the environmental Nitrogen freely available to 
modify the surface chemistry of the polymer without any detrimental effects to 
the bulk properties. CAP also increases the cross-linking of the polymer. 
Initially, Helium and Helium Oxygen mix are used to generate the plasma. The 
results from this plasma treatment demonstrated both a reduction in asperity 
height as well as the asperity density by half that of the untreated UHMWPE. 
Previously, it was noted that CAP reduces the wear factor by half therefore 
potentially increasing the longevity of the implanted device as less wear is 
produced after this treatment. Moreover, the surface chemistry was altered with 
CAP treatment from the introduction of Nitrogen free radicals to the surface 
which improved its hydrophilicity by reducing the contact angles of water, 
allowing for better osseointegration. 
Chapter 5 – Surface characteristics of a material is important to consider for the 
adhesion of bacteria and whether or not it can inhibit or assist in establishing an 
infectious colony on an implanted biomedical device. Chapter 5 indicated just 
how important the surface roughness characteristics are and that it is a scale 
dependent parameter, as better correlations for bacterial adhesion and the 
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borosilicate glass were observed when areas comparable with the bacterial size 
were employed. It was also crucial to consider the surface topography along 
with the conditioning layer, made up of proteins and glycoproteins that formed 
the extracellular matrix (ECM) which can effectively mask the original surface 
modulations and also alter the surface hydrophobicity i.e. protein coating is 
hydrophilic. This change in the hydrophobic properties of the surface can assist 
hydrophilic bacteria to attach whilst deterring hydrophobic bacteria, this could 
also lead to improved cell adhesion in combination with the reduction in contact 
angle of water, and the roughness as a scale dependent parameter which 
directly influences the extent of adhesion.  
The investigations from Chapters 6 through to 9 focused on the relevant cells 
exposed to wear debris and the influence these foreign particles have on the 
nanomechanical and adhesive properties of these cells.  
Chapter 6 – For the first time it has been demonstrated that metal wear debris 
have more of a detrimental effect on cells compared to UHMWPE or PMMA. 
Initially, MSCs, progenitor cells were observed for changes to the 
nanomechanical and adhesive properties, along with alterations if any to the 
metabolic activity after exposure to various Cobalt, and Titanium nanoparticles. 
This preliminary investigation demonstrated a reduction in metabolic activity for 
both metal nanoparticles, and that their size or composition did not alter for 
Cobalt nor Titanium, but Cobalt lowered the metabolic activity greater than 
Titanium. This was evident throughout regardless of the cell type, which 
supported the claims that Titanium is more biocompatible than Cobalt. 
Generally, the elasticity for MSCs exposed to Cobalt increased, whereas it 
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decreased for Titanium, however, the adhesion properties decreased for both 
metal nanoparticles when compared with the control. Therefore, any alterations 
in the initial adhesion of cells to a surface govern the outcome of that cells 
growth and differentiation.   
Chapter 7 - Furthermore, this notion of improvements of CAP treatment was 
extended to chapter 7 for the investigation of UHMWPE wear debris and its 
effect on MSCs nanomechanic and adhesive properties before and after CAP 
treatment. The wear debris was produced for wear cycles representative of up 
to a year worth of wear in a relatively sedentary patient (333kC, 666kC and 
1MC). Chemical analysis using Raman spectroscopy demonstrates the fact that 
only Nitrogen attaches to the surface of UHMWPE, and no Oxygen was present 
as the XPS results had no shift for Oxygen; more importantly there was no 
change in the crystallinity of the polymer therefore retaining its beneficial 
qualities of choice for its application in biomedical implants. Images of the wear 
debris revealed no changes in size and shape. However, with increased wear 
cycles that the polymer undergoes, it gradually returns to its original surface 
properties. It is noteworthy to state that all the benefits of CAP treatment do not 
damage MSCs greater than or less than untreated UHMWPE. In other words 
the cells reactions are consistent so no further damage is applied to the cells. 
Chapter 8 – When applying the same methods to Osteoblast cells exposed to 
nanoparticles, similar detrimental results were observed as for MSCs exposed 
to wear debris. For example the metabolic activity reduced for both Cobalt and 
Titanium nanoparticles, as well as for PMMA, bone cement often used as a 
fixative. The elasticity increased for both metals, but decreased for PMMA, and 
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the adhesion forces also decreased for Cobalt and PMMA wear particles, while 
no change were observed in Titanium. A further biological investigation into the 
mineralisation properties of cells was conducted and the results were different 
from that of the control. Indeed, Cobalt, Titanium and PMMA all increased the 
Calcium production due to the nanomechancial changes caused by the 
exposure of cells to wear particles.   
Chapter 9 – A comparison and validation of the methods was also required 
against human osteoblast cells. For these cells, their metabolic activity 
decreased for Cobalt and Titanium nanoparticles with increasing concentration. 
Moreover, the elasticity also increased for Cobalt but no change was observed 
for Titanium nanoparticles. The adhesion increased slightly for Cobalt and again 
no changes were noted for Titanium nanoparticles. Conversely to the mouse 
osteoblasts, the mineralisation decreased for both metal nanoparticles. 
It is evident from the work conducted in this thesis that a number of 
nanomechanical changes to cells have taken place due to the exposure to 
foreign particles. Especially, these changes are more prominent for Cobalt 
nanoparticles than for Titanium. Greatest impact was observed after the initial 
24 hours, yet some changes were observed up until 72 hours which coincides 
with the increase in metal particle uptake by the cells. Cobalt had the greatest 
uptake from all cells which supports its greater influence on the cells 
nanomechanical, adhesive and metabolic activity. All results obtained here are 
aimed at complementing previous literature on the detrimental impact of metal 
debris on the biological aspects of cellular damage which may affect the cells 
proliferation, differentiation and growth. It is noteworthy that CAP treated 
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materials reduce the production of wear, maintain sterility, and uphold the 
integrity of the bulk material that makes UHMWPE beneficial for its application 
in biomedical devices.  
For the first time the impact of this treated polymer as wear debris, as well as 
the impact of metal nanoparticles impact on cellular nanomechanical processes 
has been explored with scope to expand these studies to greatly improve the 
holistic approach to hazardous changes that are present when cells are 
exposed to nano sized debris at/near biomedical implants.  
This thesis lends itself to applying and expanding these methods to other 
materials and cells that are relevant at/near biomedical implants, for example, 
further studies that may be of benefit for a more rounded approach would be to: 
 Expand nanomechanical and adhesive cell properties study pre and post 
exposure to metal alloy nanoparticles (like CoCr) and microparticles; 
 Study these nanomechanical effects on cells pre and post exposure to 
metal ions in solution; 
 Characterise cellular structural elements (such as actin filaments) pre 
and post exposure  to wear particles; 
 Optimise CAP technology to further improve material performance of 
UHMWPE; 
  Determine nanomechanical and adhesive properties of other cell lines 
such as fibroblasts, osteoclasts and macrophages (both rodent and 
human origin); 
  Investigate the impact of surface roughness on cell adhesion of other 
orthopedically relevant materials. 
